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ABSTRACT 

Biomolecule sensing is particularly important for pharmaceutical and medical 

development. In the past few decades, biomolecular sensors have undergone several 

generations of development with the advances in biology, chemistry, and fabrication 

technology. Present-day biomolecular sensors often comprise Micro-Total Analysis 

Systems ( μ TAS) with minimization, integration, and intelligence. The final goal is to 

realize a Lab-on-a-Chip system which integrates fluid control, biomolecule detection, and 

processing in one single chip. Currently, most of the developed and utilized biomolecular 

sensors are based on a variety of technologies such as fluorescence probe detection, 

surface plasmon resonance detection (SPR), ion sensitive field effect transistor detection 

(ISFET), light addressable potentiometric sensor detection (LAPS), surface acoustic 

wave detection (SAW), and quartz crystal microbalance detection (QCM), etc. 

From the point of view of ease of data acquisition and of simplicity of system 

integration, the final goal of Lab-on-a-Chip biomolecule sensing seems best achieved by 

using a direct electrical detection method in future biomolecular sensors. Direct electrical 

detection methods are advantageous in that no signal conversion is required and, more 

importantly, because their integration with a fluidic control system is relatively 

straightforward. Capacitive electrical detection schemes are particularly easily integrated. 

In this dissertation, a sub-50 nm capacitor sensing structure integrated with micro- 

and nano-fluidic flow control component has been constructed. It is based on a full 

analysis, design, and fabrication approach, which addresses noise, sensitivity, and 

integration issues. This device is composed of an integrated microfluidic flow control 
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channel in PDMS and a nanofluidic channel in silicon oxide feeding a nano-gap capacitor 

sensing structure with gold electrodes. Our integrated analytical system is also capable of 

selectivity. This can be realized by the immobilization of specific probe and target 

molecules on the gold electrode surfaces. 

The molecule detection capability is based on the electrical capacitance change 

upon probe and target molecule binding on the gold electrode surfaces (spaced 50 nm) in 

the nano-gap sensing structure. A result of our nano-gap capacitor sensing structure 

design and optimization analysis is our being able to reduce background noise from the 

electrical double layers by using the sub-50 nm gap sensing structure to overlap the 

electrical double layers. This results in the capacitance from the diffuse layers to increase 

dramatically, therefore, increase the system sensitivity to capacitance component due to 

probe and target molecule binding. 

The possibility of excellent fluidic flow control through the nano-gap sensing 

structure for active molecule flow and exchange is accomplished by using a unique 

integrated nanofluidic flow control component, which consists of the microfluidic flow 

control channel in PDMS connected with the nanofluidic channel in parallel. This parallel 

flow control (PFC) configuration uses flow in the microfluidic channel to set up the 

pressure gradient across the nanofluidic channel. This configuration also facilitates the 

interfacing between nanofluidic systems and external macro fluidic systems. 

We also provide a demonstration of the biomolecule sensing capabilities of our 

analytical systems. Probe molecules (cysteamine) are first self-assembled on the gold 

electrodes, and target molecules (quantum dots with carboxyl groups) then are bonded 

with the probe molecules. Both of binding occurrences are detected by measuring the 
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capacitance change. We are able to detect about 15% capacitance changes with the 

amino-carboxyl binding occurrence. Optical fluorescence spectra are also obtained to 

verify that the quantum dots used in this demonstration actually do attach and cause the 

corresponding capacitance change. This successful electrical detection of the common 

amino-carboxyl binding process shows the potential detection applications of our systems 

for other biomolecules. 
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Chapter 1 
 

Introduction 

The term biomolecular sensor refers to those devices and instruments which are 

able to sense biologic or chemical signals and transfer these signals into the other 

favorable types of formats such as electrical or optical signals. These sensors generally 

consist of two major parts. One is the molecule recognition device which is made of 

highly sensitive materials designed to detect target molecules. The second part is the 

signal transformation device which basically includes the generation of electrical, 

electrochemical or optical signals upon target molecule binding. Further, with the 

continuous development of novel materials, principles and technologies, especially the 

emergence of Micro-Electro-Mechanical Systems (MEMS) technology (1970s) and 

biochip technology (1990s), current biomolecular sensors often comprise Micro-Total 

Analysis Systems (μ TAS) with minimization, integration, and intelligence. 

Following this trend toward full systems on a chip, a novel biomolecule sensing 

technology is proposed, designed, built, and tested in this dissertation. This system has 

the following claimed advantages: electrical detection allowing high integration level and 

full signal processing, as needed, with convenient output, high sensitivity based on highly 

specific molecule recognition technology, high signal-noise ratio based on the use of a 

specific nano-gap sensing structure, and high compatibility with external macro fluidic 

systems derived from the presence of a novel micro- and nano-scale fluidic control 

component. 
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1.1 Overview of Biomolecular Sensors 

Biomolecular sensors have been studied and developed over the decades since the 

middle of the 20th century. This development can be traced back to the 1940s when 

scientists found enzyme molecules have the ability to identify specific biomolecules. By 

using this specificity, Leland C. Clark pioneered in measuring glucose concentration with 

the famous Clark oxygen electrode [1]. The second generation of biomolecular sensors 

was developed after the discovering and realization of interactant molecular pairings in 

biological organisms based on structural affinity, such as enzyme-substrate, 

enzyme-coenzyme, antigen-antibody, biotin-streptavidin, and double strand DNA, etc. In 

such pairing couples, one component can be fixed and used as the probe, and hence can 

be used to catch and detect the other component which is identified as the target. Later 

straightforward electrical detection was initiated and a third generation of biomolecular 

sensors was developed based on bio-electronic principles. Recently, micro- and 

nano-fabrication technologies have been used for manufacturing biomolecular sensors 

inducing a remarkable evolution. At present, biomolecular sensors can be grouped into 

two major categories: fluorescence labeling sensors and fluorescence-label-free sensors. 

In the following section, a brief review of current biomolecular sensors development is 

presented. 

1.1.1 Fluorescence Labeling Biomolecular Sensors 

Biomolecular sensors based on fluorescence probe detection technology are the 

most popular and extraordinarily sensitive analytical systems nowadays especially in 
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biological field [2][3]. They can provide an immediate visible image (Figure 1-1) and 

near real time detection with extremely high throughputs. 

 

The detection mechanism is based on the fundamental fluorescence process which 

typically is a three-stage process that occurs in certain molecules called fluorophores or 

fluorescent dyes. These molecules can be excited by an external light source (generally 

UV light) and then will emit fluorescence light with a longer wavelength after a short 

delay time (of the order of nanosecond) with a small amount of energy loss (Figure 1-2). 

A typical absorption and emission spectrum is shown in Figure 1-3 for a specific 

fluorophore. With a proper set of optical filters, emission light can be separated from the 

incident light and collected for subsequent investigation. 

 

 

 

 

 
Figure 1-1: Bovine pulmonary artery endothelial cells stained with red, green and
cascade blue dyes [4]. 
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Figure 1-2: The schematic of fundamental three-stage fluorescence process [4]. 

 

 
Figure 1-3: Fluorescence absorption spectrum and emission spectrum [4]. 
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By modifying these fluorophore molecules with diverse probe biomolecules, this 

technology has been widely applied in detecting particular target molecules or 

components of complex biomolecular assemblies, including live cells, with exquisite 

sensitivity and selectivity [5][6]. It has also been proven useful for monitoring cellular 

events in vivo [7][8]. 

 

Various biomolecular sensors based on this technology have been constructed 

[9][10][11] and have been claimed to be able to achieve detection limits of 107 

molecules/cm2 [12] thereby showing the extremely high sensitivity. In the case of the 

need for large amounts of detection such as in gene or protein recognition, chips based on 

 

 
Figure 1-4: Comparative and quantitative proteome analysis. (a) Comparative genome
and proteome analysis, (b) parallel quantification of proteins [13]. 
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fluorescence probe have shown their utility by incorporating microarray technology 

(Figure 1-4) [13][14][15][16]. However, the collected optical signal needs to be 

converted into an electrical format for easier processing, transmission, or digital storage 

afterwards. Therefore, these fluorescence based biomolecular sensors require highly 

accurate and expensive optical instruments to detect the extremely faint optical signal to 

realize the high sensitivity. Also sophisticated numerical algorithms are required to 

interpret the acquired data. 

Furthermore, with these sensors based on fluorescence, light intensity-caused 

fluorescence changes termed photobleaching can be the factor limiting fluorescence 

detectability [4]. Photobleaching happens because the fluorophore molecules can be 

irreversibly modified or destroyed in the excited state and can therefore not be excited 

again resulting in loss of the emitted fluorescence light needed for detection. To 

overcome this problem, quantum dots based on quantum effects of semiconductor 

materials at the nano-scale, have been developed as substitutes for traditional organic 

fluorophores [4] (Figure 1-5). An illustration of the photo-stability of quantum dots 

compared with traditional fluorescent dyes is shown in Figure 1-6. As we can see, the 

fluorescence of traditional organic fluorophores decays with the time while quantum dots 

sustaining constant intensity. However, quantum dots are usually made of 

semiconductors with heavy metal components and the toxic nature of these quantum dots 

has been reported. In particular, they have been shown to cause cleavage effect in DNA 

or damage in biological tissues (Figure 1-7) [17][18]. 
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Figure 1-5: The schematic of quantum dot structure [4]. 

 

 
Figure 1-6: Cell labeling with quantum dots and illustration of quantum dot 
photostability, compared with the fluorescence dye Alexa 488 [4]. 

 

 
Figure 1-7: Damage assays of DNA under different conditions. In each case, from left to
right it shows result taken after every 15 min (0–60 min) [17]. 
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1.1.2 Fluorescence-Label-Free Biomolecular Sensors 

Recently, fluorescence-label-free biomolecular sensors, around as noted since the 

1940s, have undergone rapid advances. These sensors directly utilize physical or 

chemical parameter changes induced by chemical reaction (e.g., between antigen and 

antibody). These technologies are usually relatively simple to implement and offer 

real-time/on-line detection. Optical, audio, electrical and thermal devices can all be used 

as the information transformation components. 

Traditional fluorescence-label-free biomolecular sensors are based on easy 

physical parameter changes such as a mechanical signal (e.g., mass change), optical 

signal, and electrical signal, etc [19][20][21]. Novel fluorescence-label-free technologies 

such as surface plasmon resonance detection (SPR) [22][23], ion sensitive field effect 

transistor detection (ISFET) [24], light addressable potentiometric sensor detection 

(LAPS), surface acoustic wave detection (SAW), and quartz crystal microbalance 

detection (QCM) have been developed and utilized to build novel biomolecular sensors. 

Also, electrochemical based biomolecular sensors are well developed, under even further 

development, widely used, and function as one main category of biomolecular sensors. 

1.1.2.1 Surface Plasmon Resonance Biomolecular Sensors 

Surface plasmon resonance biomolecular sensors are highly sensitive, fast and 

stable sensors which are able to detect optical parameter changes. Detection relies on the 

affinity between the molecule to be detected and the metal substrate surface, which may 

be functionalized for specificity. The surface plasmon resonance phenomenon, also 
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known as surface plasmon polaritons, is based on the collective oscillation (plasmon) of 

the electrons in a metal. In thin films this can result in surface electromagnetic waves that 

propagate parallel along a metal/dielectric interface. In nano-particles [22], this collective 

oscillation sets up an intense near-field electromagnitic excitaion in a halo around the 

nano-particle. Usual metals that support surface and nano-particle plasmon are silver and 

gold. 

In a typical SPR biomolecule sensing experiment, the probe molecule in the 

interactant molecular pairing is immobilized on a SPR-active gold coated glass slide, and 

the target molecule in an aqueous buffer solution is introduced to flow across this surface, 

by injecting it through the flow-cell (Figure 1-8) [23]. When the light shines onto the 

gold surface at specific angles meeting the surface plasmon resonance condition, the light 

energy can be efficiently coupled into surface plasmon. And the optical reflectivity of 

gold changes extremely sensitively with the presence of biomolecules. This high 

sensitivity of the optical response is due to the fact that it is a very efficient, collective 

excitation of conduction electrons near the gold surface. The extent of binding between 

the solution-phase target molecule and the immobilized probe molecule is easily 

observed and quantified by monitoring this reflectivity changes. 
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Also, the ability to monitor the forward and reverse reaction in real time offers 

this technology superior power for investigating the dynamical interaction between 

biomolecules. With the emergence of SPR technology, immunoassay process 

investigations have been significantly speeded-up [25]. With this technology, the 

dynamical interaction between DNA and protein was successfully investigated for the 

first time [26]. When used with Raman scattering and nano-particles, plasmons have 

proven to even be capable of single molecule detection [22]. 

The general SPR based analytical systems can only be realized with bulky 

external light generating and sensing instruments, until Texas Instruments developed the 

first low-cost and miniaturized biomolecule sensing platform SPREETA 2000 in 2003 

(Figure 1-9) [27]. However, the integration level is still low in view of the mm-scale size 

of the sensing area. And the surface spatial resolution for this category of analytical 

systems is yet to be improved. 

 

 
Figure 1-8: The schematic of typical surface plasmon resonance sensor structure [23]. 



11 

 

1.1.2.2 Ion Sensitive Field Effect Transistor (ISFET) Biomolecular Sensors 

A schematic of ion sensitive field effect transistor-based biomolecular sensor is 

shown in Figure 1-10 [24]. The basic structure is similar to the typical MOSFET except 

the gate connection is separated from the device and forms what is termed the reference 

electrode in electrochemistry. There is a gate dielectric present (silicon dioxide in 

Si-based ISFET) whose principal function is to passivate the Si surface and perform as 

the molecule binding/sensing surface. Other versions of this structure have been 

developed, but they are based on same principle. They either rely on current-voltage (I-V) 

curve shift in the case of the full ISFET or capacitance-voltage (C-V) curve shift in the 

case of a structure devoid of the source and drain. In either case, the shift is induced by 

the extra molecule charge attached on the dielectric surface during detection [28][29]. 

 

 
Figure 1-9: Cross section of the SPREETA 2000 showing components of the sensor and
the path followed by light inside the sensor [27]. 
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ISFET based biomolecular sensors are really stable, and they have fast response, 

high sensitivity, batch processing capability, micro-scale and the potential for on-chip 

circuit integration [24]. Through modifying the dielectric surface with diverse probe 

biomolecules, a variety of ISFET biosensors have been developed. Enzyme-linked FETs 

(ENFETs) have been developed by attaching the enzyme membrane on the gate dielectric 

layer [30][31]. Glucose concentration FET has been developed by attaching glucose 

oxidase on the gate dielectric layer [32]. A large number of affinitive biomolecular 

sensors have been developed which are based on immobilizing probe molecules on the 

gate dielectric layer [33][34][35]. 

 

The main drawback of this category of biomolecular sensors is the corresponding 

large noise due to the electrical double layer in the electrolyte phase. Furthermore, these 

sensors are also quite responsive to background light noise which will reduce the device 

utility. Fabrication complexity including source and drain doping is another potential 

hindrance for further system application. 

 

 
Figure 1-10: The schematic of (a) MOSFET structure and (b) ISFET biomolecular
sensor structure [24]. 
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1.1.2.3 Light Addressable Potentiometric Biomolecular Sensors 

Light addressable potentiometric (LAP) biomolecular sensors are also 

semiconductor-based (generally, silicon) sensors using light to activate excessive free 

carriers in semiconductor while selecting the activated spot where the measurement will 

be performed. Therefore, the surface potential distribution can be measured and spatially 

resolved by raster scanning a light-pointer along the surface. It is essentially the same as a 

charge couple device (CCD) array in functioning except the charge collecting wells are 

generated by the chemistry at the surface as opposed to being built-in as they are in a 

CCD. However it is much simpler in structure than a CCD. And it has been utilized to 

obtain gas reaction images for electro-olfactogram (EOG) and pH images [36][37]. 

 

The typical schematic of LAPS is shown in Figure 1-11. Its basic principle is 

based on the high sensitivity of semiconductor minority carrier populations to the 

potential change on the insulator and electrolyte interface, just as the case for CCD. The 

 

 
Figure 1-11: The schematic of typical light addressable potentiometric sensor [38]. 
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modulated light emitted from the light source shines on the semiconductor and produces 

excessive free carriers (electrons and holes). These free carriers form the photoelectric 

current which causes carrier collection at the silicon/insulator interface. The carrier 

collection depends on the surface charge at the analyte/insulator interface. This surface 

charge change at the analyte/insulator interface can be detected by the reference electrode 

and amplified by a lock-in amplifier to realize high sensitivity. To fulfill the addressable 

ability, a scanning control system connected with light source is also required. This 

scanning control system is used to realize two dimensional movement of light source. To 

enable the detection of biomolecules, a molecule sensitive membrane is attached on the 

insulators. After target molecules attach onto the sensitive membrane and modify the 

surface potential at their positions, the membrane potential change due to the molecule 

attachment can be detected by measuring the photoelectric current. 

Due to the extremely low photoelectric current to be detected and corresponding 

high background noise, special signal processing is required in LAPS. Generally a lock-in 

amplifier is utilized and an ac modulated frequency source is also required to realize the 

high sensitivity. Choosing an external light source is also a challenge when striving to 

develop a highly integrated analytical system. 

1.1.2.4 Surface Acoustic Wave Based Biomolecular Sensors 

A surface acoustic wave (SAW) is an acoustic wave traveling along the surface of 

a material having some elasticity, with an amplitude that typically decays exponentially 

with the depth of the substrate. This kind of wave is commonly used in piezoelectric 
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devices called SAW devices in electronic circuits. Surface acoustic wave biomolecular 

sensors use surface acoustic wave devices cotated with some molecule sensitive 

membranes for the detection of target molecules. Target molecule binding events are 

detected by the frequency shift caused by the mass change due to affinitive adsorption. 

These sensors can be used for detecting gases and liquids. A typical SAW device is 

shown in Figure 1-12. Generally it consists of three parts on a piezoelectric substrate: 

transmitter (IDT1 in Figure 1-12), medium, receiver (IDT2 in Figure 1-12). 

 

In sensing, the acoustic wave is excited on the piezoelectric substrate by use of a 

metallic interdigital transducer (IDT1). The resulting wave is transmitted onto the 

substrate surface and received by the resonator of the other metallic interdigital 

transducer (IDT2). While the effect of any mass change due to attachment or adsorption 

on SAW propagation is the basis for detection, there are two different ways to essentially 

use SAW devices for sensing: the SAW resonator frequency changes or the SAW delay 

line time changes. Both of them are based on the influence of the surface mass on the 

 

 
Figure 1-12: The schematic of typical surface acoustic wave sensor. 
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acoustic wave phase propagation speed. After probe molecules attach on the substrate 

sensing surface or the resonator part, the target molecules can be recognized by 

measuring the propagation resonance frequency or speed change [39][40]. 

However, multiple SAW sensors are not able to be simply integrated due to the 

coupling effect between two individual sensing devices. Further, the noise to signal ratio 

is high due to rapid wave signal decay and mechanical noise from the surrounding 

background. 

1.1.2.5 Quartz Crystal Microbalance Biomolecular Sensors 

Similar to surface acoustic wave biomolecular sensors, quartz crystal 

microbalance sensors are also piezoelectric devices. A typical sensor is made of quartz 

with electrodes evaporated on both sides of the crystal (Figure 1-13). They are also 

extremely sensitive to mass change on the electrode surface due to the influence of mass 

on the mechanical vibration frequency. 

 

 
Figure 1-13: Quartz crystal microbalance sensor [41]. 
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The resonator frequency change ( fΔ ) related with mass change ( mΔ ) can be 

calculated with following equation [42]: 

where 0f  is the intrinsic crystal frequency, A is the electrode area, qρ  is the density of 

quartz, and qμ  is the shear modulus. 

Based on this principle, clinical devices to detect viruses and proteins have been 

developed [43][44]. However, these quartz crystal microbalance sensors have their own 

disadvantages including the adverse influence of ambient temperature and humidity. And 

given the mm-scale size, the integration level will not be adequately high. 

1.1.2.6 Electrochemical Biomolecular Sensors 

Since the world’s first biomolecular sensor based on an electrochemical reaction - 

the enzyme electrode - to detect glucose concentration was reported in 1960s, significant 

technology advances have been applied in this field including electrode optimization and 

minimization, etc. Traditional electrochemical biomolecular sensors are either 

amperometric or potentiometric sensors which require accurate current or voltage 

measurement cross the electrode-electrolyte interface. However, the electrical double 

layer existing on the electrode surface interferes with the accuracy of these measurements. 

Generally, to achieve best signal to noise ratio or maximize the performance of the 

system, a typical three electrode setup is utilized (Figure 1-14) [45]. The reference 
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electrode is required to be a quasi-non-polarizable electrode without charge accumulation, 

therefore, is able to work as a potential reference point in the electrolyte. This strict 

requirement of reference electrode makes this setup not suitable for further higher 

integration due to fabrication complexity. The working electrode provides the surface 

where the chemical reaction between probe and target molecules happens and, in the 

amperometric version, it conducts the electrical current which is the indicator of the 

reaction and, hence, the concentration of the target molecules. 

 

Among all different kinds of electrochemical biomolecular sensors, DNA sensors 

are one of the most representative categories. There are several versions: direct 

electrochemical sensor [46][47], indirect electrochemical sensor [48], DNA-specific 

redox indicator sensor [49][50], nano-particle based sensor [51][52], and DNA-mediated 

 

 
Figure 1-14: The schematic of typical three electrode setup [45]. 
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charge sensor [53][54]. A comprehensive review and comparison of current 

electrochemical DNA sensors is presented in Table 1-1 [55]. 

Electrochemical biomolecular sensors are advantageous in that no signal 

conversion is required since the signal is acquired directly as electrical excitation 

resulting from the chemical reaction of interest. This can be applied to achieve extremely 

high integration level, especially as microarray sensor design becomes more sophisticated. 

On the other hand, electrochemical interactions between solid surfaces and an electrolyte 

phase are not completely understood. Furthermore, the noise due to the presence of an 

Table 1-1: Comparison of platforms for DNA electrochemical sensing [55]. 

Type of Sensor Advantages Disadvantages 

Direct DNA 
electrochemistry 

Highly sensitive; requires no 
labeling step; amenable to a range of 
electrodes 

High background signals; 
cannot be multiplexed; 
destroys the sample 

Indirect DNA 
electrochemistry 

Highly sensitive; usually requires no 
labeling step; multiple-target 
detection at same electrode 

Probe substrate can be 
difficult to prepare; destroys 
the sample 

DNA-specific 
redox indicator 
detection 

Moderate to high sensitivity; well 
suited to multiple-target detection; 
samples remain unaltered 

Chemical labeling step 
required unless sandwich 
method used; sequence 
variations can be 
problematic 

Nano-particle-ba
sed 
electrochemistry 
amplification 

Extremely sensitive; well suited to 
multiple-target detection with 
different nanoparticles 

Many development steps in 
assay; reliability and 
robustness of surface 
structures problematic; 
sample usually destroyed 

DNA-mediated 
charge transport 

Highly sensitive and simple assay; 
requires no labeling; uniquely well 
suited for mismatch detection; 
sequence independent; amenable to 
multiplexing 

Biochemical preparation of 
target sample require 
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electrical double layer in the electrolyte can be a problem for most of electrochemical 

analytical systems. 

1.2 Nano-Gap Electrical Biomolecular Sensors 

Nano-gap biomolecular sensors are a new type of sensor approach that has just 

come forth in the past decade [56][57]. They are of interest because they offer the 

possibility of circumventing the current biomolecular sensor limitations outlined above. 

Most of the current commercialized systems use an optical method as the main detection 

principle and thereby necessitate the assistance of highly sophisticated optical 

instruments and optical-to-electrical signal conversion. This is a technical bottleneck 

impeding future highly integrated analytical systems. To circumvent this problem, 

considerable research has been focused on electrochemical approaches. 

Nano-gap sensing structures using electrical impedance or DC current sensing 

have recently been reported. Several different systems and their application to 

biomolecule detection have been disclosed with either a semiconductor or metal as the 

electrode [58][59][60]. In the case of the ac impedance version, there is an advantage of 

noise minimization due to the unique nano-gap structure which causes the two opposite 

electrical diffuse layers to overlap. Theoretical modeling has been presented to explain 

this advantage [61]. However, these analyses are yet not comprehensive and precise 

enough and not especially beneficial in device design. Therefore, to take full advantages 

of this novel nano-gap sensing structure, a thorough understanding of the theoretical 

principle behind it is required. 
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Another challenge in current nano-gap biomolecular sensor development is that 

these sensors still lack an integrated nanofluidic flow control component for active flow 

control which is absolutely necessary to fulfill requirements of future analytical systems. 

Most of the approaches tried to-date are based on a passive diffusion mode [62], and 

some of them even work under dry conditions [63] which is extremely impractical. 

1.3 Dissertation Organization and Contributions 

In this dissertation, a sub-50 nm direct electrical capacitor sensing structure 

integrated with micro- and nano-fluidic flow control components is presented 

(Figure 1-15). The device is based on a full analysis, design and fabrication approach, 

which addresses noise, sensitivity, and integration issues. 

 

Figure 1-15: The schematic of the nano-gap biomolecular sensor: (a) top view and (b) 
cross-sectional view. Green path represents microfluidic flow in PDMS, and purple
represents nanofluidic flow through the nano-gap sensing structure. 

(a) 

(b) 
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The device is composed of a microfluidic flow control channel in PDMS and a 

nanofluidic channel in silicon oxide which are all integrated with a nano-gap sensing 

structure. This is the first time it has been accomplished, to our knowledge. The 

microfluidic flow control channel in PDMS provides access to the nanofluidic channel 

feeding the nano-gap sensing structure by connecting with nanofluidic channel in parallel. 

By using the parallel flow control configuration for interfacing with the outside world, 

active fluidic flow and exchange through the nanofluidic channel is able to be achieved. 

This parallel flow control configuration also provides accurate flow rate control through 

the nanofluidic channel. The nano-gap sensing region itself in our device has been 

designed and optimized based on a detailed theoretical analysis. A result of this analysis 

is our being able to reduce electrochemical background noise. 

To demonstrate the feasibility of parallel flow control approach utilized in our 

biomolecule detection system, individual nanofluidic flow control devices based on glass 

etching and bonding are also demonstrated in this dissertation. The parallel flow control 

approach has proven to be able to accomplish very fine nanofluidic flow control and be 

able to measure the nanofluidic flow rate exceeding the current lowest limit reported in 

literature. 

This dissertation consists of 6 chapters. The first chapter is the just-completed 

brief review of biomolecular sensors and the future development trend. The second 

chapter is the experiment design chapter which includes the fundamental theoretical 

analysis of electrochemical interaction in the nano-gap sensing structure and parallel flow 

control approach. The third chapter gives the system fabrication, consisting of parallel 
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flow control demonstration devices and a complete biomolecular sensor composed of 

nano-gap sensing structure integrated with nanofluidic flow control components. The 

forth chapter presents the experiment results of the novel parallel flow control approach 

for nanofluidics. In chapter 5, an application demonstration of the integrated analytical 

system to biomolecule detection is presented. The future direction of the work is 

discussed in chapter 6. 

The contribution of this research includes: 

1. Theoretical investigation of the novel parallel flow control approach for 

nanofluidic control. 

2. Design and fabrication of novel parallel flow control devices for nanofluidic 

control. 

3. Theoretical investigation of the electrochemical interaction in a nano-gap sensing 

structure. 

4. Design and fabrication of a novel nano-gap electrical capacitance biomolecular 

sensor with integrated nanofluidics. 

5. Demonstration of this integrated analytical system in biomolecule detection. 
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Chapter 2 
 

Experiment Design 

The goal of this work is to implement a nano-gap biomolecule capacitance sensor 

system with nanofluidic control. This implementation necessitates understanding of the 

electrochemical dynamics of the electrical double layer in such a nano-gap sensing device 

which forms upon exposure to the electrolyte, and the impact of changes in this double 

layer on device electrical properties; i.e., DC current and AC capacitance. 

Implementation also requires the full understanding of how to actively control the fluid 

flow through the nano-gap sensing structure. 

A theoretical analysis of the electrical double layer configuration between 

nano-gap electrodes is presented based on conventional electrostatics and 

thermodynamics. The new fact explored here is what happens when the electrical double 

layer thickness predicted on the basis of electrolyte concentrations and metal electrode 

work functions is of the order of, or larger than, the nano-scale gap spacing. The resulting 

diffuse layer overlapping due to the nano-scale of the physical shielding length is studied 

to show how our nano-gap sensing device can achieve enhanced capacitance sensitivity 

by shielding unwanted electrochemical noise. A schematic model and corresponding 

theoretical analysis are performed to show the noise shielding advantages in nano-gap 

sensing structures. This analysis is then used as a guide for our device design. 

 In addition, the issues of flow and pressure gradients through the nano-gap 

sensing structure are also a focus of this work. The active molecule flow and exchange 
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through the nano-gap sensing structure is fundamentally required for implementing a 

rapidly responsive biomolecular sensor. These issues are solved using a novel nanofluidic 

parallel flow control component initially developed using a theoretical analysis to support 

its feasibility. With the approach developed in this dissertation, an active nanofluidic flow 

control is achieved using a microfluidic flow control channel connected with the 

nanofluidic channel in parallel. By using this unique parallel connection configuration, an 

extremely finely controlled flow rate through the nanofluidic channel leading to and from 

the nano-gap sensing structure is realized and the interfacing problems with the external 

macro-fluidic world are solved successfully. 

2.1 Fundamentals of Nano-Gap Electrochemical Interaction 

Electrochemical double layer formation between an ionic solution and a solid 

conductor (e.g., metal) electrode has been studied for longer than a century. The resulting 

interface produces what is termed an electrical double layer. This double layer is 

basically due to the electrochemical potential difference between the solid surface and the 

electrolyte. This potential difference induces electrons, holes, or both to redistribute in 

the solid electrode and ions to redistribute in the electrolyte. Typically, the ion 

rearrangement region in the electrolyte phase may be thought of as consisting of two 

layers - an inner layer and an outer layer (Figure 2-1) which gives rise to the term of 

electrical double layer. The inner layer is called as the compact, Helmholtz, or Stern layer. 

It is ascribed to a thin monolayer of ions absorbed on the electrode surface. The outer 
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layer is called the diffuse layer. It extends from the inner layer into the bulk solution 

region defined as where full electrostatic shielding is accomplished. 

 

After formation, this electrical double layer can be modified with the application 

of an AC, DC, or both perturbing biasing condition. Such a perturbation drives the 

electrode/electrolyte system out of originally thermodynamic equilibrium. Many models 

have been put forward to explain the behavior observed when electrochemical 

measurements are performed on such perturbed electrode/electrolyte systems. The 

earliest model of the thermodynamic equilibrium electrical double layer is usually 

attributed to Helmholtz (1879) [2][3]. Helmholtz treated the double layer mathematically 

as a simple capacitor, based on a physical model in which a single layer of ions is 

 

 
Figure 2-1: The schematic of electrical double layer [1]. 
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adsorbed at the surface. Later Gouy and Chapman (1910-1913) made significant 

improvements by introducing a diffuse model of the electrical double layer, in which the 

potential at a surface decreases exponentially due to a shielding region of counter-ions 

from the solution [4][5]. The current classical electrical double layer model is termed the 

Gouy-Chapman-Stern model, which combines the Helmholtz single adsorbed layer with 

the Gouy-Chapman diffuse layer [6]. 

These models are traditionally applied to a single electrode/electrolyte pairing; i.e., 

it is assumed that the electrical double layer thickness is small compared to the 

inter-electrode spacing. Up to now, there is a dearth of analysis examining electrical 

double layer formation in nano-gap capacitor structures. In nano-scale domain, the 

diffuse layers from the two opposite electrodes begin to overlap each other. If both 

electrodes are made of same material, these electrical double layers will be dimensionally 

symmetrical. The overlapping of such symmetrical diffuse layers will cause ion 

rearrangement and can generate modifications in behavior of the perturbed state. In the 

following section we will present a theoretical analysis of electrochemical interaction in a 

nano-gap capacitor structure at thermodynamic equilibrium to assess the impact of 

electrical double layer overlapping. 

 In this research effort, molecule detection capability is based on taking control of 

the components of Helmholtz layer to induce the electrical capacitance change upon 

probe and target molecule binding on the gold electrode surfaces (spaced 50 nm) in the 

nano-gap sensing structure. A simple theoretical analysis model and corresponding 

electric circuit model are given in Figure 2-2. Figure 2-2.a shows the ionic distribution 

between two nano-gap gold electrode surfaces each with a self-assembled monolayer 
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(SAM) of probe and target molecules present. Corresponding capacitance circuit model 

with relevant capacitor components due to the SAM (CSAM) and electrical diffuse layer 

(CD) are shown in Figure 2-2.b. From the electric circuit model, we have 

 

Our detection scheme is set up such that any attached biomolecule would change 

the CSAM value, and, therefore, change the measured capacitance value CTotal. From 

Eq. 2.1, it is clear that system sensitivity to any biomolecule attachment can be 

( )DSAMDSAMTotal CCCCC += 2  2.1

 

 
 

 
Figure 2-2: (a) Schematic diagram of the ion distribution between two nano-gap gold 
electrodes without external voltage, and (b) corresponding electric circuit model. 

(a) 

(b) 
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optimized by maximizing diffuse layer capacitance CD. Figure 2-3, which shows the total 

measured capacitance CTotal with different values of the capacitance ratio DSAM CC , 

makes this point. As we can see, this simple analysis indicates the system will perform 

best when DSAM CC  goes to zero (blue line); in other words, we need to maximize CD. 

This can be realized by using high concentration ionic solutions; however, it is 

incompatible with the biomolecules being sensed given the chemical damage it may 

cause. 

The alternative approach used here is to overlap the electrical double layers 

extended from the two opposite gold electrode surfaces by shrinking the electrode 

distance (~2d) down to the characteristic thickness of the diffuse layer 

( ( ) 21
0

2201 2 −− = kTezn εεκ ). This overlapping will cause CD increase dramatically and 

reduce the unwanted capacitance noise. To demonstrate the biomolecule sensing 

capabilities of nano-gap sensing devices, probe and target molecules (cysteamine and 

quantum dots) in electrolyte solution will be infused through the system to be assembled 

and bonded on the gold electrode surfaces consecutively. Following each binding step, DI 

water with a characteristic thickness of diffuse layer ( 1−κ ) around 1 μ m is specifically 

selected and infused to flush away the unspecifically attached molecules and unwanted 

ionic components from the previous infusion. Subsequently, electrical measurement can 

be done with DI water as the electrical measurement medium to fulfill the diffuse layer 

overlapping condition, and take advantages of noise shielding. 
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2.2 Fundamentals of Active Nanofluidic Flow Control 

In the past two decades, there has been a major research effort directed toward the 

development of Micro-Total Analysis Systems (μTAS) [7][8] and, more recently, also 

toward the development of miniaturized chemical processing systems [9][10][11]. 

Among these, microfluidic systems have been fully studied and to-day function as an 

absolutely necessary component in various kinds of analytical systems. The analytical 

systems are now rapidly moving toward the use of nanofluidics to exploit smaller sample 

size, potentially precise flow control, and new sensing approaches [12][13][14]. The 
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Figure 2-3: The theoretical analysis results of CTotal against CSAM with different 
capacitance ratio values of DSAM CC . As we can see, the system performs best when 

DSAM CC  goes to zero; i.e., it performs best by maximizing CD. Here CSAM is the 
capacitance of self-assembled monolayer and CD is the capacitance of electrical double 
layer. 
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chemical processing work is also rapidly moving toward the use of nanofluidics to 

exploit mixing and reaction effects at the nano-scale [15][16]. Nanofluidics allows the 

analysis of small samples (meaning advances such as small samples in security situations 

and small blood samples in medical clinical usage) and also allows the use of small 

quantities of reagents and probe molecules, which often are extremely expensive. Also, 

compared with currently developed microfluidic systems, nanofluidic systems have more 

precise fluid control due to the smaller fluid volume involved. Therefore, it is more 

advantageous in the manipulation and separation of biomolecules at the nano-scale in the 

Nano-Total Analysis Systems (nTAS). 

With the rapid development of nanotechnology in the past few decades, 

nanofluidic system fabrication has been realized through different types of fabrication 

technologies [17]. More and more research efforts have been put in this area due to its 

unique properties and advantages over microfluidic systems. However, there are key 

issues that must be addressed for the successful integration of nano-scale fluidic systems 

into sensing and chemical processing platforms. These are communicating with the 

“outside world” and developing the actual means of nanofluidic flow control. There is no 

avoiding the need to interface with the macro-world but, due to the extremely tiny 

volumes of nanofluidic systems (of the order of femto-liter), the interfacing can be the 

main bottleneck in further development for nanofluidics. 

The general approach that has been taken in integrating nanofluidics into 

analytical and chemical processing systems is to have a nanofluidic channel in 

communication with a microfluidic channel which is, in turn, in communication with a 

fluid reservoir. With proper surface treatments, fluid in the reservoir wets and fills the 
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microfluidic channel and capillary action then allows this fluid to fill the nanofluidic 

channel. After the filling of the full fluidic system, flow can be established by one of the 

following three ways [18][19][20]: (1) electroosmosis, (2) electrophoresis, or (3) pressure 

gradients. Of these, pressure-driven flow is more general since it does not necessitate the 

presence of charged entities and therefore does not rely on the complexities of their 

motion. 

The use of a direct, pump-imposed, pressure gradient across a nanofluidic channel 

has been tried (see Figure 2-4.a) but tends to be unstable for the pumps commonly used 

and leads to excessive sample residence times in the series-connected microfluidic 

channel [20]. A different configuration using independent flow in each of the connecting 

microfluidic channels has been explored recently to produce a microfluidic channel 

flow-caused pressure gradient across a nanofluidic channel, as seen in Figure 2-4.b [21]. 

This approach allows the residence times in the microfluidic channels to be independent 

of the pressure gradient across the nanofluidic channel, permitting very short residence 

times in the microfluidic channels. The up-stream reservoir and microfluidic channel, 

then the nanofluidic channel, and finally the down-stream microfluidic channel are 

sequentially filled to avoid air bubble problems in this configuration. However, the 

approach requires multiple syringe pumps and an extra back pressure control unit is 

needed resulting in system complexity. And measuring the actual nanofluidic flow rate 

relies on an indirect approach using fluorescence labeling, therefore, additional 

fluorescence optics. 

 



39 

 

 

In this work, we introduce a new approach to employing pressure-driven flow 

which is depicted in Figure 2-5. We term this approach parallel flow control (PFC). PFC 

uses flow in a microfluidic flow control channel, which interfaces with the “outside 

world”, to set up the pressure gradient across a nanofluidic channel and the residence 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 

Figure 2-4: (a) Schematic of nanofluidic flow control system (side view) using the
approach of a direct, pump-imposed, pressure gradient across a nanofluidic channel, (b) 
schematic of a nanofluidic flow control system (top view) using the approach of flow in 
independent microfluidic channels causing a pressure gradient across a nanofluidic
channel. In both (a) and (b) purple represents the nanofluidic channels and green 
represents the microfluidic channels. 

(a) 

(b) 

Nanofluidic Channel

Pressure Control

Air 

Nanofluidic ChannelBackpressure
Control Unit 
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time in this microfluidic channel is established solely by its flow. PFC has two versions 

as seen in Figure 2-5.a and Figure 2-5.b: (1) one in which the pressure gradient across 

the nanofluidic channel is controlled by the microfluidic channel flow at points A and B 

and (2) another where it is controlled by the microfluidic channel flow and a fixed 

pressure at point B (e.g., point B is at atmospheric pressure). Air bubble avoidance is 

easily attained by first filling the up-stream reservoir and the microfluidic flow control 

channel in both versions. 

The corresponding electric circuit model to our parallel flow control approach is 

shown in Figure 2-6.c. The electric current through the larger resistor (R) is controlled by 

the current through the smaller resistor in parallel (r). Therefore, the nanofluidic channel 

flow rate (Qn) can be controlled by the microfluidic flow control channel flow rate (Qm). 

As we will demonstrate later, the PFC approach of either version (1) 

(Figure 2-5.a) or version (2) (Figure 2-5.b) can provide essentially infinitely fine 

nanofluidic channel flow control by using one syringe pump, the most universal fluid 

handling instrument. While the flow rate through the microfluidic channel can be varied 

from 1 μ l/hr to 1 l/hr in versions (1) and (2) by using a syringe pump, the flow rate 

through the nanofluidic channel can be adjusted by changing the dimensions of these two 

channel types. Based on the size-scale differences between nano- and micro-fluidic 

channels, flow rate ratios of 10-4:1 and smaller values are easily attainable with the PFC 

approach thereby allowing the attainment of a broad range of fine nanofluidic flow rate 

control. 
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Figure 2-5: Schematics of the parallel flow control (PFC) approach for nanofluidic flow 
control. (a) Version (1) where the pressure gradient across the nanofluidic channel is
controlled by the microfluidic flow at points A and B (top and side views), (b) version (2) 
where the pressure gradient is controlled by the microfluidic flow at A and by a fixed
pressure (e.g., atmospheric pressure) at B (top view). In the schematics, the purple 
represents the nanofluidic channels and green represents the microfluidic channels. (c) 
The corresponding electric circuit model. R and r represent the flow resistance of 
nanofluidic channel and microfluidic channel, respectively. 
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2.2.1 Theoretical Analysis 

We have established our assessment of the flow rate ratios available using PFC by 

using the simple fluidic flow model sketched in Figure 2-6. 

 

Assuming a single one phase Newtonian flow in the channel shown above and a 

pressure gradient dzdp−  along the flow direction, it follows from mass conservation 

and momentum conservation that the velocity field ),( yxu  of fully developed flow can 

be written as [22] 

where η  is viscosity and the other parameters are defined in Figure 2-6. The total flow 

rate Q  deduced from this equation is 

 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 2-6: The schematic of fluidic flow model. Here 2a, 2b and L are channel width, 
height and length respectively. 
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Neglecting any entry effects, we take the pressure gradient to be constant through the 

whole channel, whether it is a nanofluidic channel or microfluidic channel. Hence, we 

have 

where pΔ  is the pressure drop along a given channel from point A to B and L is the 

channel length from point A to B. In both versions of the PFC approach the nanofluidic 

and microfluidic channels are in parallel with the length nL  for the nanofluidic channel 

and the length mL  for the microfluidic channel. Therefore, using Eq. 2.4 we can now 

write the flow rate ratio mn QQ  for nanofluidic channel flow to microfluidic channel 

flow in both PFC versions of Figure 2-5. This ratio is 

Eq. 2.5 can be re-written as  
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where nC  and mC  are seen from Eq. 2.5 to be geometric factors, for the nano- and 

micro-fluidic channels, respectively. These geometric factors have been discussed 

previously [23], which can be computed numerically in general. For the case where the 

channel height is much smaller than channel width (2b<<2a), as a result, the flow 

through the channel is simplified to what is termed the plane Poiseuille flow/Hele Shaw 

flow, and the ratio nC / mC  can be simply expressed as 33
mmnn baba  [22]. Since 2b<<2a 

is very valid for our nanofluidic channels and approximately true for some of the 

microfluidic channels we used, we are often able to evaluate Eq. 2.6 using 

For a 100 nm high nanofluidic channel and a 2 μ m high microfluidic channel 

connected in parallel with same width and length scale, the flow rate ratio is 1.25x10-4:1. 

In any case, we can see from Eq. 2.6 that the microfluidic flow control channel flow rate 

can be used to control a very precise (fine) flow through the nanofluidic channel in 

parallel. 
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Chapter 3 
 

Parallel Flow Control (PFC) Device and Integrated Analytical System Fabrication 

The fabrication procedure of all the related devices used in this study including 

individual parallel flow control devices and integrated analytical systems consisting of 

nano-gap sensing structure and nanofluidic flow control component is presented in this 

chapter. The individual parallel flow control device based on glass etching and bonding is 

utilized to demonstrate the novel nanofluidic flow control approach which will be applied 

to the integrated analytical system. The integrated analytical system fabrication consists 

of nano-gap sensing structure fabrication and PDMS based nanofluidic flow control 

component fabrication. Surface micromaching technology is used in all of the fabrication 

processes. By using this technology, which is adopted from the microfabrication 

technology developed in application specific integrated circuit (ASIC) applications, the 

highly parallel batch fabrication fashion to produce a large number of identical devices at 

a cost savings for an individual device can be achieved. To ensure the high device yield, 

the whole process is carried out in the Penn State Nanofabrication class-10 cleanroom 

facility. 

3.1 Parallel Flow Control Device Fabrication 

 As discussed in Chapter 2, PFC uses flow in a microfluidic flow control channel, 

which interfaces with the “outside world”, to set up the pressure gradient across a 
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nanofluidic channel and the residence time in this microfluidic channel is established 

solely by its flow. 

 

 
 
 
 

 
 
 
 
 
 
 
 
 
 

Figure 3-1: Schematics of the parallel flow control (PFC) approach for nanofluidic flow 
control. (a) Version (1) where the pressure gradient across the nanofluidic channel is
controlled by the microfluidic flow at points A and B (top and side views), (b) version (2) 
where the pressure gradient across the nanofluidic channel is controlled by the
microfluidic flow at A and by a fixed pressure (e.g., atmospheric pressure) at B (top 
view), (c) version (2) with an additional serpentine microfluidic channel designed to 
measure the flow through the nanofluidic channel. In the schematics, purple represents
the nanofluidic channels and green represents the microfluidic channels. 
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PFC has two versions as seen in Figure 3-1.a and Figure 3-1.b: (1) one in which 

the pressure gradient across the nanofluidic channel is controlled by the microfluidic 

channel flow at points A and B and (2) another where it is controlled by the microfluidic 

channel flow and a fixed pressure at point B (e.g., point B is at atmospheric pressure). 

Similar flow control structure of version (1) will be utilized to integrate with nano-gap 

sensing structure to construct final biomolecule detection system. 

The fabrication processes of the devices used in our demonstration and 

preliminary evaluation of the PFC concept are CMOS compatible allowing potential 

application in future integrated Micro-/Nano-Total Analysis Systems. The overall 

fabrication processes for version (1) are shown in Figure 3-2. First of all, glass slides 

(Fisherbrand plain glass microslides) are prepared with standard RCA cleaning 

(SC1&SC2) process, followed by DI water rinsing, and then a 150 oC baking for 10 

minutes. As seen, the nanofluidic channel (100 nm high, 16 μ m wide, and 200 μ m 

long) is first dry etched into a glass slide in a magnetically enhanced reactive ion etching 

(MERIE) tool using photoresist SPR 3012 as the etching mask. The optical lithography 

and dry etching parameters are listed in Table 3-1 and Table 3-2 respectively. Then the 

microfluidic flow control channel (2 μ m high, 20 μ m wide, and 400 μ m long) is 

patterned in alignment with the nanofluidic channel using wet chemical etching (6:1 

buffered oxide etch solution) with photoresist SPR 3012 as the etching mask. Before wet 

etching microfluidic channel, an oxygen plasma descuming step in a plasma reactor 

(M4L) is required to remove the photoresist residual film on the surface (50 sccm, 400 

mTorr, and 100 W for 4 minutes). Subsequently, the reservoir/access ports are 
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mechanically drilled through the glass slide. Finally, the patterned glass slide is bonded 

with another blank glass slide in furnace at 615 oC for 1.5 hours to complete the sealed 

fluidic flow control devices. 

 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

 

Figure 3-2: (a) Nanofluidic channel patterned in glass by dry etching, (b) microfluidic
flow control channel patterned in glass by wet etching, (c) access ports drilled through
glass, (d) the schematic of the active nanofluidic flow control system after glass bonding.
Top and cross-sectional views are shown in each case. Purple represents the nanofluidic
channel and green represents the microfluidic flow control channel. 

Table 3-1: SPR 3012 optical lithography parameters. 

1. Dynamically Spin SPR 3012 @500 rpm for 8 seconds with 4000 rpm/second 
@4000 rpm for 45 seconds with 4000 rpm/second 

2. Soft bake @110 oC, 60 seconds 
3. Expose 4.5 second @12 W 
4. Post expose bake @110 oC, 30 seconds 
5. Develop 1 minute plus 15 seconds with mild agitation 
6. Rinse 3 times in DI water 
7. Dry Nitrogen gun 
8. Hard Bake @110 oC, 2 minutes  

 

 
(a) (b)

(c) (d)
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The specific processing steps for version (1) PFC devices are seen in Figure 3-3. 

Figure 3-3 shows an actual version (1) PFC device under optical microscopy after 

thermal glass bonding. Figure 3-4 is the FESEM pictures of the nanofluidic channel 

cross section showing the approximate channel dimensions of 72.95 nm high and 15.65 

μ m wide. The actual channel height is smaller than designed (100 nm) due to glass 

reflowing while thermal bonding at 615 oC. 

 
 

Table 3-2: MERIE dry etching parameters. 

Chamber Pressure 30 mTorr 
CF3 50 sccm 
Ar 25 sccm 
Magnetic Field 50 Gauss 
Power 350 W 
Etching Rate ~50 nm/min  

 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

Figure 3-3: Bonded nanofluidic flow control device as seen under optical microscopy. 
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The fabrication for version (2) devices (Figure 3-1.c) is carried out following the 

same basic processes illustrated in Figure 3-2. The particular version (2) device to be 

discussed here is that of Figure 3-1.c; i.e., it has a microfluidic flow control channel (10 

μ m high, 10 μ m wide, and 4350 μ m long) and an additional serpentine microfluidic 

channel (10 μ m high, 20 μ m wide, and 8 cm long) in series with the nanofluidic 

channel. 

The actual device structure is seen in Figure 3-5. The additional serpentine 

microfluidic channel is designed to allow the direct measurement of flow rate through the 

nanofluidic channel by tracking the water-air interface movement into the serpentine 

microfluidic channel. Figure 3-5.a shows this flow rate measurement device under 

optical microscopy. Due to the scale difference, the pressure drop across the serpentine 

microfluidic channel length is negligible compared with the pressure drop across the 

 
 

Figure 3-4: (a) Cross-sectional FESEM picture of bonded nanofluidic channel, (b) 
exaggerated nanofluidic channel cross section for dimension clarity. The nanofluidic
channel is about 72.95 nm high and 15.65 μ m wide. 

Nanofluidic Channel

15.65um 

72.95nm 

(a) (b)
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nanofluidic channel length. Therefore, our flow rate analysis in Chapter 2 is still valid for 

this configuration. Figure 3-5.b shows the device with DI water infused into the system 

by a syringe pump. As seen, the water-air interface progression can be used to measure 

the filling rate of the serpentine microfluidic channel thereby measuring flow rate through 

the nanofluidic channel. 

 

In all of our flow demonstration and evaluation experiments, whether with the 

device types seen in Figure 3-3 or Figure 3-5, needles are attached into the 

reservoir/access ports and connected to the fluidic source controlled by a syringe pump 

via plastic tubing. 

 

 

Figure 3-5: Version (2) with an additional serpentine microfluidic channel in series with
the nanofluidic channel. (a) Bonded nanofluidic flow rate measurement device under 
optical microscopy, (b) same device with water infused by a syringe pump and the
water-air interface visible in the serpentine microfluidic channel. 

(a) (b)
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3.2 Integrated Analytical System Fabrication 

The integrated analytical system in this work consists of a sub-50 nm gap 

capacitor sensing structure and micro- and nano-fluidic control components. A schematic 

system setup is shown in Figure 3-6. 

 

The nano-gap capacitor sensing structure is constructed on 1 mm thick, two-side 

polished quartz wafers commercially available from Silicon Quest International, Inc. The 

nano-gap capacitor sensing structure, in its metal electrode version, is fabricated with 

three consecutive metal evaporations followed by 10 μ m thick ECR-PECVD (electron 

cyclotron resonance plasma enhanced chemical vapor deposition) oxide deposition, 

patterning, and sacrificial metal etching. In the integrated analytical system, unlike the 

 

Figure 3-6: The schematic of the nano-gap biomolecular sensor: (a) top view and (b) 
cross-sectional view. Green path represents microfluidic flow in PDMS, and purple
represents nanofluidic flow through the nano-gap sensing structure. 

(a) 

(b) 
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previous individual flow control devices based on glass etching, the microfluidic flow 

control channel is fabricated in PDMS by using soft lithography, and is bonded with 

nan-gap capacitor sensing structure to produce a self-contained intact analytical system. 

The microfluidic flow control channel in PDMS will act as the interface to external 

fluidic system by connecting with a syringe pump via plastic tubing. As described earlier, 

the microfluidic flow control channel will also be used to control the flow through the 

nanofluidic channel feeding the nano-gap sensing structure. The exposed electrode pads 

seen in Figure 3-6 are then connected with an Agilent 4284A LCR meter for electrical 

signal acquisition and processing. 

3.2.1 Nano-Gap Sensing Device Fabrication 

3.2.1.1 Substrate Preparation 

Related research by others has shown the extreme importance of the electrical 

properties of device substrates [1]. Therefore, 1 mm thick, two-side polished quartz 

wafers are used in this work due to their excellent insulation properties. By using quartz 

wafers, the background noise from parasitic capacitance will be further minimized. These 

quartz wafers are prepared with standard RCA cleaning (SC1&SC2) process, followed by 

DI water rinsing, and then a 150 oC baking for 10 minutes. 
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3.2.1.2 Three Layers of Metal Evaporation 

A lift-off process is used to pattern all the metal layers on the device to ensure the 

accurate topographic control. Figure 3-7 shows the schematic of the typical lift-off 

process used. Lift off resist (LOR) is used to avoid the rabbit ears which can interfere 

with the lift-off process [2]. 

 

In this lift-off part of the work, SPR 3012 positive photoresist and LOR 5A are 

used. The optical lithography process parameter is listed in Table 3-3. Before loading the 

samples into an evaporation chamber, a 10-20 second oxygen plasma descuming (Ar 5 

sccm, O2 40 sccm, 100 mTorr, and 100 W) in DRIE system (PT 720) is performed to etch 

away the organic film residue left on the exposed area from the photolithography process. 

 

 
Figure 3-7: The schematic of lift-off process [2]. 
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This step is extremely important for following metal evaporation to improve the metal 

adhesion with substrate by providing a perfectly clean interface. 

The three layers of metal evaporation consist of the bottom layer of gold (25 nm 

Au with 5 nm Ti as adhesion layer) which functions as the bottom electrode, a middle 

layer of nickel (50 nm Ni) which functions as a sacrificial layer, and a top layer of gold 

(45 nm Au with 5nm Ti on the top to improve the adhesion between top electrode and 

capping layer of oxide in the next step) which functions as the top electrode. The middle 

sacrificial layer of nickel will be wet chemically etched away after capping layer of oxide 

deposition and patterning, which yields a sealed nanofluidic channel structure between 

the bottom and top gold electrodes. Figure 3-8 shows the metal patterning processes in 

detail. 

 

 

 

 

Table 3-3: Lift off process optical lithography parameters. 

1.  Dynamically Spin LOR 5A @500 rpm for 8 seconds with 4000 rpm/second 
@4000 rpm for 50 seconds with 4000 rpm/second 

2. Soft bake @175 oC, 5 minutes 
3. Dynamically Spin SPR 3012 @500 rpm for 8 seconds with 4000 rpm/second 

@4000 rpm for 45 seconds with 4000 rpm/second 
4. Soft bake @110 oC, 60 seconds 
5. Expose 4.5 second @12 W 
6. Post expose bake @110 oC, 30 seconds 
7. Develop 1 minute plus 15 seconds with mild agitation 
8. Rinse 3 times in DI water 
9. Dry Nitrogen gun  
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Figure 3-8: (a) Bottom electrode (Au) patterning, (b) sacrificial layer (Ni) patterning, (c)
top electrode (Au) patterning. Top view (top) and cross-sectional view (bottom) are 
shown in each case. 

(c) 

(b) 

(a) 
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3.2.1.3 Capping Layer Deposition and Patterning 

After the three layers of metal evaporation, a 10 μ m thick low temperature oxide 

is deposited on the top in electron cyclotron resonance (ECR) plasma enhanced chemical 

vapor deposition (PECVD) tool. To improve the adhesion between this oxide and the 

substrate, the whole device is heated on hot plate at 150 oC for 10 minutes before being 

loaded into the ECR-PECVD chamber. The deposition parameters used are listed in 

Table 3-4 which is crucial to result in good quality thick oxide film with low built-in 

stress. Then SPR 3012 photoresist is patterned on the top to define two access ports 

(Table 3-1). After an oxygen plasma descuming step, a 10:1 HF solution (49%) is used 

to etch two access ports in the deposited oxide to expose the middle sacrificial layer of 

nickel underneath. Finally, the middle sacrificial layer of nickel is wet chemically etched 

away (Transene Nickel Etchant Type 1) for 30 minutes at 70 oC on hot plate (Figure 3-9). 

This completes the nano-gap sensing structure fabrication. 

 
 
 
 
 
 
 

Table 3-4: Low temperature oxide deposition parameters. 

Pressure 4 mTorr 
Ar Flow Rate 3 sccm 
O Flow Rate 5.1 sccm 
SiH Flow Rate 4 sccm 
RF2 Power 900 W  
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Figure 3-9: (a) Low temperature oxide deposition, (b) access ports etching, (c) sacrificial 
layer (Ni) etching. Top view (top) and cross-sectional view (bottom) are shown in each 
case. 

(a) 

(b) 

(c) 
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3.2.2 Microfluidic Flow Control Channel Fabrication 

The microfluidic flow control channel of the integrated analytical system is 

fabricated in PDMS using soft lithography microfabrication technology. Unlike common 

photolithography where the device is fabricated on the substrate, soft lithography first 

makes a negative master mold using photolithography, and then transfers the pattern to 

the PDMS by casting an elastomeric material on the mold, curing it and peeling it off 

from the master mold. Generally, negative photoresist SU8 is used as the master mold 

material (Table 3-5). 

The superb thermal and chemical resistance of photoresist SU8 indicates the 

master mold can be used repeatedly. PDMS is an optically transparent and flexible 

silicone elastomer. Before using, PDMS pre-polymer and curing agents are mixed at a 

ratio of 10:1. The mixture can be completely cured at 65 oC for times such as two hours. 

After being cured, the patterned PDMS can be peeled off from the SU8 master mold, and 

can be bonded with a different substrate to produce a sealed structure with proper surface 

activation in oxygen plasma [3]. The whole process is shown in Figure 3-10. 

Table 3-5: SU8-50 optical lithography parameters. 

1.  Dynamically Spin SU8-50 @500 rpm for 10 seconds with 100 rpm/second 
@3750 rpm for 30 seconds with 300 rpm/second 

2. Soft bake @65 oC, 5 minutes 
@95 oC, 10 minutes 

3. Expose 10 seconds @12W 
4. Post Expose Bake @55 oC, 10 minutes 

@95 oC, 15 minutes 
5. Develop 9-10 minutes with tiny agitation 
6. Rinse 20 Seconds in IPA 
7. Dry Nitrogen gun  
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3.2.3 PDMS Bonding 

After the PDMS is cured, it is peeled off from the master mold (Figure 3-10.c) 

and two holes for input and output ports are drilled through it (Figure 3-12.a). For 

bonding with the silicon oxide surface of the nano-gap sensing structure, super cleaning 

and proper activating is required for PDMS surfaces. PDMS is cleaned with acetone and 

 

 
 

 
 

 
Figure 3-10: (a) SU8 master mold patterning on substrate, (b) casting PDMS on the mold, 
(c) peeling off PDMS from the SU8 master mold after curing. 

(b) 

(a) 

(c) 
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IPA, and then it is put in methanol for 10 minutes. After drying with nitrogen air, it is 

then loaded in a plasma reactor (M4L) to activate the surface at plasma power of 50 W, 

oxygen flow rate of 50 sccm, and chamber pressure of 400 mTorr for 20 seconds. The 

surface of PDMS needs to be properly activated and rendered hydrophilic with hydroxyl 

for bonding to the silicon oxide substrate via covalent bond [4]. Over activating will 

cause enhanced roughness of the surface which will prevent the bonding to the substrate. 

After the activation step, overnight bonding with the fabricated nano-gap sensing 

structure is done at room temperature to finish the integrated system fabrication 

(Figure 3-12.b). 

 

 
 

Figure 3-11: (a) Two access ports drilled in PDMS, (b) PDMS bonded with nano-gap
sensing structure e after oxygen plasma activating. 

(a) 

(b) 



64 

 

The actual completed integrated analytical system is shown in Figure 3-12 with 

arrow indicating the flow direction. There are totally 12 single nano-gap sensing devices 

on one single chip. 

 

 
Figure 3-12: Integrated system under optical microscopy after PDMS bonding with 12
single electrical sensing structures underneath. 
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Chapter 4 
 

Nanofluidic Parallel Flow Control Evaluation 

In this chapter, the feasibility of parallel flow control approach to be utilized in 

our biomolecule detection system is demonstrated by using the individual nanofluidic 

flow control devices based on glass etching and bonding (version (1) and version (2)). 

The parallel flow control approach has been shown able to accomplish very fine 

nanofluidic flow control and measure the nanofluidic flow rate exceeding the current 

lowest limit reported in literature. 

4.1 Optical Fluorescence Characterization 

The fabrication and operation of the PFC concept is first evaluated using version 

(1). This evaluation is undertaken using optical fluorescence microscopy by infusing an 

Alexa Fluor fluorescein solution into the version (1) microfluidic flow control channel 

with a syringe pump (Figure 4-1.a). Considering the nano-scale gap of our flow control 

device, it is clear that only minute amount of fluorescein molecules are available to be 

excited. To use fluorescence to examine our structure, a saturated fluorescein solution is 

utilized to increase the emitted light intensity and detectability. As seen, this results in the 

clear presence of fluorescein molecules in the nanofluidic channel. These fluorescein 

molecules can be removed by infusing DI water through the device for 5 minutes 

showing the ability for fast molecule flow and exchange (Figure 4-1.b). This molecule 
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flow and exchange can be ascribed to two different mechanisms: diffusion and active 

pressure-driven flow. 

 

To differentiate between these, a study of steady-state PFC flow in the nanofluidic 

channel is undertaken by a focusing laser beam on the nanofluidic channel region in a 

version (1) device using the optical fluorescence mode of a WITec Raman spectroscopy 

system, and emission light intensity from the nanofluidic channel region is measured. 

Specifically, we use optical fluorescence to verify that steady-state molecule flow 

through the nanofluidic channel is dominantly induced by the steady-state pressure across 

the microfluidic flow control channel and not by diffusion. 

Figure 4-2 shows the optical fluorescence spectra produced with fluorescein 

solution infused through the device to differentiate from potential auto-fluorescence 

background noise. And the result is consistent to the characteristic spectra of Alexa Fluor 

fluorescein molecule used. 

 

 

Figure 4-1: Optical fluorescence picture of the fluidic flow control device. (a) The flow
through the nanofluidic channel is controlled by using microfluidic flow control channel, 
(b) optical fluorescence picture of the fluidic device after DI water rinsing for 5 mins. 

(a) (b)
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Figure 4-3 shows the temporal fluorescence light intensity (integrated between 

505 nm and 525 nm) on infusing fluorescein solution at syringe pump flow rates of 0.5 

ml/hr and 1 ml/hr. As can be seen, the emission light intensity remains at constant level 

for both steady-state flow rates implying the molecules traverse the nanofluidic channel 

measuring region before photo bleaching. 

Figure 4-4 shows the temporal fluorescence light intensity in the nanofluidic 

channel after stopping fluorescein solution infusion into the microfluidic flow control 

channel. The previously infused fluorescein molecules in the stagnant nanofluidic 

channel flow begin to bleach under the incident laser light and, therefore, the total 

emission light intensity decays as seen. About 25% light intensity decrease is detected 

within 20 minutes. 
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Figure 4-2: Optical fluorescence spectra produced in the nanofluidic channel region for 
a version (1) device with fluorescein solution infused through the device. 
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Figure 4-3: Temporal fluorescence spectrum (integrated between 505 nm and 525 nm) 
behavior in the nanofluidic channel on syringe infusion of a fluorescein solution at 
constant rates of 0.5 ml/hr and 1 ml/hr with corresponding theoretical nanofluidic flow 
rate of 100 nl/hr and 200 nl/hr respectively. 
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Figure 4-4: Temporal fluorescence spectrum (integrated between 505 nm and 525 nm) 
behavior in the nanofluidic channel after stopping the fluorescein solution infusion. The 
previously infused fluorescein molecules bleach under the incident laser causing a 25% 
light intensity decrease within 20 minutes. 
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These results establish that molecular diffusion is not dominant enough to replace 

the bleached molecules. However, the active pressure-driven flow can transport the 

fluorescein molecules fast enough to overcome the photo bleaching effect and sustain the 

light intensity at a constant level. Since the calculated flow rate ratio mn QQ  based on 

the designed channel dimensions is 2x10-4:1 from Eq. 2.7 for this device, and since a 

microfluidic channel flow rate of 0.5 ml/hr or more can stop bleaching, we deduce that a 

nanofluidic channel flow rate of 100 nl/hr with an average fluorescein molecule velocity 

of 1.74 cm/s can stop bleaching. 

Another assessment of PFC nanofluidic channel flow control possibilities and 

steady-state flow rate is undertaken using the PFC version (2) configuration with an 

additional series-connected serpentine microfluidic channel (Figure 3-1.c). The 

nanofluidic channel steady-state flow rate is monitored in this preliminary evaluation 

study by using the filling rate of the serpentine microfluidic channel. This filling rate is 

determined by optically tracking the position, as a function of time, of the water-air 

interface defining the filling front in the serpentine microfluidic channel and the designed 

cross-sectional area. We then assume that the filling rate of the serpentine microfluidic 

channel determines the steady-state flow rate of the nanofluidic channel with which it is 

in series. For this experiment, DI water is infused through the device at different flow 

rates controlled by a syringe pump (Figure 3-5.b). The results of these measurements are 

labeled “experimental values” in Figure 4-5 and are plotted there against the syringe 

flow rate (equivalently, the microfluidic flow control channel flow rate). In Figure 4-5 

we also plot what we term the “theoretical values” for the nanofluidic channel flow rate 
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based on the actual nanofluidic channel dimensions (Figure 3-4) and the designed 

microfluidic channel geometrical dimensions. These values are determined by Eq. 2.6, 

for which a computer model is used to evaluate nC  and mC . The resulting computation 

gives a flow rate ratio mn QQ  of 7.7x10-5:1 for the device used. Since the microfluidic 

flow control channel (equivalently, syringe) flow rate is known, nQ  is then readily 

determined. As seen in Figure 4-5, the experimental nanofluidic flow rate is about 22 

times slower than the theoretical nanofluidic flow rate. 
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Figure 4-5: Nanofluidic channel flow rates as a function of syringe, or equivalently,
microfluidic flow control channel flow rates. Shown are the experimental values obtained by 
tracking flow in the serpentine microfluidic channel, the theoretical values calculated from

mn QQ  and the syringe flow rates, and the same curves adjusted for fabrication-caused 
dimension changes. 
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However, both of the experimental and theoretical curves are developed using 

designed microfluidic channel dimensions. In view of the use of wet isotropic etching for 

defining the microfluidic channels in the fabrication processes, and in view of the 

importance of both microfluidic channel cross-sectional dimensions, we investigate the 

final cross sections of the microfluidic flow control channel and of the serpentine 

microfluidic channel using FESEM (Figure 4-6). Undercut profiles typical of wet 

isotropic etching are seen for both types of microfluidic channels. The actual 

cross-sectional dimensions are shown in this figure. 

 

Based on the isotropic etching geometry and etching depth into the glass substrate 

shown in Figure 4-6.b, the actual serpentine microfluidic channel cross-sectional area is 

calculated to actually be 46.6% larger than what is designed. This larger serpentine 

microfluidic channel width dimension resulting from isotropic wet etching implies that 

the actual nanofluidic channel flow is larger than that given by the experimental curve of 

Figure 4-5. Using this increased cross-sectional area value leads to the “adjusted 

 

Figure 4-6: (a) Cross-sectional FESEM picture of bonded microfluidic flow control
channel, (b) cross-sectional FESEM picture of bonded serpentine microfluidic channel. 
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experimental values” curve seen in Figure 4-5. As seen, the smallest flow rate we can 

currently measure in our PFC device is about 1 pl/s. This is our current measurement 

limitation and not the smallest possible flow rate. We note that our measured flow rate is 

much smaller than the smallest, reported, measured nanofluidic channel flow rate of 30 

pl/s [1]. 

A fabrication-caused increase in the microfluidic flow control channel cross 

section has a corresponding impact on the theoretical curve of Figure 4-5. To be specific, 

the flow rate ratio of mn QQ  which is multiplied times the syringe flow rate to get the 

theoretical nanofluidic channel flow rate is decreased to 1.31x10-5:1 using a 

computational program based on the corrected etching geometry shown in Figure 4-6.a. 

Using this ratio results in the “adjusted theoretical values” curve also in Figure 4-5. As 

seen, the adjusted experimental flow rate is about 2 times slower than the adjusted 

theoretical values. These differences can arise from assumptions in the fluid dynamics 

modeling; e.g., the neglect of electrostatic interactions with the channel walls [2], and the 

neglect of a possibly larger viscosity coefficient for DI water in nanofluidic structures [3]. 

Inclusion of these effects will lower the calculated flow rate. The difference also can arise 

from our assumption, in determining the experimental curve of Figure 4-5, that the 

serpentine microfluidic channel filling rate is equal to the steady-state nanofluidic 

channel flow rate. This neglects DI water wetting effects and evaporation effects [1] in 

the serpentine microfluidic channel. Inclusion of these effects will raise the experimental 

flow rate. All these multiple sources are difficult to differentiate and quantify at present. 

However, the plots of Figure 4-5 indicate that accounting for the correct microfluidic 
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channel dimensions is of primary concern in making precise nanofluidic channel flow 

rate measurements. Corrections due to wetting effects, interactions with the walls, and 

evaporation effects, which is suggested as a topic for further study in chapter 6, are 

bracketed by this assessment and are seen to be more subtle, at least for the case of DI 

water. 

4.2 Conclusions 

In conclusion, we present a novel PFC method for actively controlling nanofluidic 

flow with microfluidic flow and thereby provide a solution to the nanofluidic/external 

macro-fluidic system flow control/interfacing issue. The PFC approach uses a parallel 

connection of a microfluidic flow control channel with a nanofluidic channel. A 

theoretical model has been constructed and studied to reveal how the flow rate ratio 

between microfluidic flow and nanofluidic flow can be adjusted depending on micro- and 

nano-fluidic channel dimensions. We show that such a parallel approach makes it 

possible to have a broad range of fine flow rate control through the nanofluidic channel 

even with a system driven by a simple syringe pump. 

Various characterization techniques are used to evaluate the resulting PFC device. 

These establish the active molecule flow in the nanofluidic flow control device. A novel 

method for actual flow monitoring measures nanofluidic flow rates in a PFC device by 

tracking the water-air interface filling front in a serpentine microfluidic channel 

connected in series. Flow rate differences between theoretical and experimental values 

are seen and shown to be due primarily to fabrication issues. Effects such as electrostatic 
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interactions with the channel walls, wetting, and evaporation effects are shown to be 

secondary, at least for the DI water used. These experiments have established the 

effectiveness and utility of our PFC configuration. We believe this novel nanofluidic flow 

control and characterization approach points the way to significant advances in 

Nano-Total Analysis Systems (nTAS) and miniaturized chemical processing systems. 
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Chapter 5 
 

Experiment Results and Discussions 

In this chapter, electrical characterization (DC and AC) of the integrated 

biomolecule detection system is undertaken with air or by infusing different 

concentrations of monobasic potassium phosphate (KH2PO4) solution through the system. 

All of the electrical measurements are taken on a micromanipulation probe station 

(Micromanipulator Inc.) for electrical noise shielding. An Agilent 4145 semiconductor 

analyzer is used for DC characterization and an Agilent 4284A LCR meter is used for AC 

characterization. 

We also provide a demonstration of the biomolecule sensing capabilities of our 

devices. Probe molecules with amino groups (cysteamine (C2H7NS) from Sigma-Aldrich) 

are first self-assembled on the gold electrodes, and target nano-particles (quantum dots) 

with carboxyl groups (COOH) (Qdot 565 from Invitrogen Corp.) then are bonded with 

the probe molecules. Both of binding occurrences are detected by measuring the 

electrical capacitance change. Also, with the use of quantum dots, optical fluorescence 

mode of the WITec Raman spectroscopy system is again used to verify cause of the 

electrical signal change due to the probe and target molecule attachment. This successful 

electrical detection of the common amino-carboxyl binding process, substantiated by 

independent measurements, shows the potential detection applications of our structure for 

other biomolecules. 
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5.1 DC Measurements 

DC and AC electrical measurements between the two defining electrodes of our 

nano-gap sensing structure are also used to probe the structure. DC measurements are 

taken to demonstrate that we can successfully construct our nano-gap sensing device. 

Figure 5-1 shows the linear I-V curve before middle sacrificial layer of metal (Ni) 

etching to show the conductive behavior of the patterned metal lines. As we can see, the 

resistance of conductive lines is about 2000 Ohms which is consistent with the theoretical 

value calculated from the patterned conductive line length and thickness. 

Figure 5-2 shows the nonlinear I-V curve with air in the nano-gap sensing device 

after etching the sacrificial layer of nickel with etchant and rinsing with DI water. As we 

can see, the leaky resistance is larger than 5 GOhms showing the high quality of device 

substrate insulation. 

Figure 5-3 shows the breakdown behavior (blue curve) of the device with air 

present, which is caused by the gold electrodes peeling off ascribed to the extremely 

strong electric field across the nano-gap capacitor electrodes under external voltage. The 

linear I-V curve of device after complete breakdown (red curve) shows the exactly same 

conductive line resistance with the one before sacrificial layer of metal etching. As seen 

in the figure, the device breaks down at about 17.5 voltages with corresponding electric 

field of 3.5 MV/cm. 
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Figure 5-1: Linear I-V curve before etching away the sacrificial layer of nickel. 
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Figure 5-2: Nonlinear I-V curve with air in the nano-gap sensing device after etching the 
sacrificial layer of nickel. 



80 

 

5.2 AC Measurements 

AC electrical characterization is first taken in the frequency range from 1 KHz to 

1 MHz. Data from such measurements are shown in Figure 5-4 for the case of infusing 

different concentrations of KH2PO4 solution. A geometric capacitance calculated from the 

designed nano-gap capacitor dimensions including distance (50 nm) and area (40 μ m2) 

is also shown. As we can see, the capacitance value increases with the solution 

concentration. This is due to the smaller characteristic thickness of diffuse layer of more 

concentrated electrolyte solution which is depicted in the theoretical analysis in Chapter 2. 

Also, the capacitance decreases with frequency because of the response regimes of the 

various dielectric mechanisms as shown in Figure 5-5. As the frequency increases, the 
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Figure 5-3: I-V curve of breakdown and post breakdown with air in the nano-gap 
sensing device. 
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slower mechanisms drop out, leaving the faster ones to contribute to the storage ( '
rε ) 

which is the real part of permittivity and the loss factor ( "
rε ) which is the imaginary part. 

This makes the measured capacitance tends to the geometric capacitance value. Most 

significantly, the results show the same order of capacitance values in spite of orders of 

concentration change. This can be ascribed to the effects of diffuse layer overlapping, 

which causes the diffuse layer capacitance increase dramatically. Therefore, the total 

capacitance is dominated by the capacitance component due to the Helmholtz layer, 

which is in the same order for different concentrations of electrolyte solution. 
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Figure 5-4: AC electrical characterization of nano-gap sensing device with different 
concentrations of KH2PO4 solution. Geometric capacitance is calculated based on
designed nano-gap sensing device dimensions. 
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We also successfully self-assemble molecules on the nano-gap gold electrodes 

and subsequently demonstrate the biomolecule sensing capabilities of our devices. To 

accomplish this, probe molecules with amino groups are first self-assembled on the gold 

electrodes by infusing a 20 mM cysteamine aqueous solution (90% IPA and 10% DI 

water) for 4 hours, and then target nano-particles (quantum dots) with carboxyl groups 

(Qdot 565 from Invitrogen Corp.) are bonded with the probe molecules by infusing a 80 

nM Qdot 565 solution in 50 mM KH2PO4 solution for 4 hours. Both of binding 

occurrences are detected by measuring the electrical capacitance change in the frequency 

range from 10 kHz to 1 MHz (Figure 5-6) after changing to infuse DI water as the 

measurement medium for 1 hour. As we can see, cysteamine attachment decreases the 

capacitance which is due to its smaller dielectric constant compared with DI water and 

the pushing effect of the electrical double layers further from the electrodes. The quantum 

dot attachment further decreases the capacitance due to the same mechanisms. About a 

 

 
Figure 5-5: Frequency response of dielectric mechanisms [1]. 
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15% capacitance change with the amino-carboxyl binding occurrence is detected at 1 

MHz. 

5.3 Optical Fluorescence Characterization of Biomolecule Assembling 

To verify that the quantum dots used in previous demonstration actually do attach, 

we again employ the optical fluorescence mode of the WITec Raman spectroscopy 

system using a 488 nm blue laser source. For these fluorescence measurements the 

bonded PDMS is peeled off, and any solution left is dried after probe and target 

molecules attaching and rinsing by DI water, and an optical objective is brought close to 
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Figure 5-6: AC electrical characterization of the nano-gap sensing device demonstrating 
biomolecule sensing capabilities. 
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the embedded electrodes. Figure 5-7 shows the fluorescence spectrum verification of 

cysteamine molecule self assembling and quantum dot binding. 

 

As seen in Figure 5-7, the fluorescence spectrum of a device with quantum dots 

attached (blue) is consistent with a control solution of quantum dots (black), which 

verifies quantum dots are actually attached on the electrode surface in the nanofluidic 

channel. The shift between these two spectra is due to aggregation of the attached 

quantum dots which will be verified in following experiment. To ensure the attached and 

control spectra are truly attributable to the quantum dots, spectra of other materials 
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Figure 5-7: Optical fluorescence spectrum obtained under different conditions. The 
fluorescence spectra of a device with quantum dots attached (blue curve with peak of 568 
nm) is consistent with a control solution of quantum dots (black curve with peak of 564
nm), which verifies quantum dots are actually attached on the electrode surfaces in the 
nanofluidic channel. The shift between these two spectra is due to aggregation of the
attached quantum dots. 
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involved in the devices and demonstrations are also shown in the figure. As seen, these 

show no corresponding peak. It can be noted that there is a small peak on the top of the 

device spectra. This is due to the PDMS residue as may be seen by comparing with the 

PDMS fluorescence spectra. 

To verify the shift between blue and black spectra is due to aggregation of the 

attached quantum dots in Figure 5-7, a control experiment is carried out by taking the 

fluorescence spectrum with a quantum dot solution before and after the solution is dried 

out (Figure 5-8). As seen, when the solution dries out, the quantum dots begin to 

aggregate together, and the resulting larger size of aggregated quantum dots causes the 

red shift of the characteristic spectrum. 
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5.4 Conclusions 

In this experiment, we construct and evaluate a self-contained nano-gap 

biomolecule capacitance sensor system integrated with nanofluidic flow control 

components. The molecule detection capability is based on the electrical capacitance 

change upon probe and target molecule binding on the gold electrode surfaces (spaced 50 

nm) in the nano-gap sensing structure. A result of our nano-gap capacitor sensing 

structure design is our being able to reduce background noise from the electrical double 

layer, therefore, increase the system sensitivity. 

AC electrical characterization is undertaken by infusing different concentrations 

of KH2PO4 solution through the integrated sensor system. Measured results show the 

same order of capacitance values within specific measurement frequency range from 1 

kHz to 1 MHz. Therefore, it illustrates the noise shielding capabilities due to the diffuse 

layer overlapping. 

We also provide a demonstration of biomolecule sensing capabilities of the 

integrated sensor system. Probe molecules (cysteamine) are first self-assembled on the 

electrode surfaces, and target molecules (quantum dots) then are bonded with the probe 

molecules. Both of binding occurrences are detected by measuring the capacitance 

change. About a 15% capacitance change with the amino-carboxyl binding is measured at 

1 MHz. Optical fluorescence spectra are also obtained to verify that the quantum dots 

used in this demonstration actually do attach and cause the corresponding capacitance 

signal change. This successful electrical detection of the common amino-carboxyl 
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binding process shows the potential detection applications of our system for other 

biomolecules. 
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Chapter 6 
 

Summary and Future Work 

6.1 Summary 

In this dissertation, we introduce a self-contained nano-gap biomolecule 

capacitance sensor system integrated with nanofluidic flow control. This is the first time 

it has been accomplished, to our knowledge. The complete analytical system is based on 

a full analysis, design and fabrication approach, which addresses noise, sensitivity, and 

integration issues. This device is composed of a microfluidic flow control channel in 

PDMS and a nanofluidic channel in silicon oxide feeding a nano-gap capacitor sensing 

structure with gold electrodes. Our integrated analytical system is also capable of 

selectivity. This can be realized by the immobilization of specific probe and target 

molecules on the electrode surfaces. 

The fundamental biomolecule detection capability is based on the electrical 

capacitance change upon probe and target molecule binding on the gold electrode 

surfaces in the nano-gap sensing structure. A theoretical analysis of the electrical double 

layer configuration between the nano-gap electrodes is presented based on conventional 

electrostatics and thermodynamics. The result shows that we are able to shield unwanted 

electrochemical noise from the electrical double layers by using the sub-50 nm gap 

sensing structure to overlap the electrical double layers. The overlapping results in the 
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capacitance from the diffuse layers to increase dramatically, therefore, enhance system 

sensitivity to capacitance component due to probe and target molecule binding. 

The successful nanofluidic flow control through the nano-gap sensing structure 

for active molecule flow and exchange is accomplished by using a novel nanofluidic 

parallel flow control (PFC) component, which is initially developed using a theoretical 

analysis to support its feasibility. The PFC approach uses a parallel connection of a 

microfluidic flow control channel and a nanofluidic channel. A theoretical model has 

been constructed and studied to reveal how the flow rate ratio between nanofluidic flow 

and microfluidic flow can be adjusted depending on nano- and micro-fluidic channel 

dimensions. We show that such a parallel approach makes it possible to have a broad 

range of fine flow rate control through the nanofluidic channel even with a system driven 

by a simple syringe pump. This configuration also facilitates the interfacing between 

nanofluidic systems and external macro fluidic systems. 

To demonstrate the feasibility of parallel flow control approach to be utilized in 

our biomolecule detection system, we construct individual nanofluidic flow control 

devices based on glass etching and bonding (version (1) and version (2)). Various 

characterization techniques are used to evaluate the resulting PFC device. These establish 

the active molecule flow in the nanofluidic flow control device. Furthermore, a novel 

method for actual flow monitoring measure the nanofluidic flow rates in a PFC device by 

tracking the water-air interface filling front in a series-connected serpentine microfluidic 

channel. Nanofluidic channel flow rates as low as 1 pl/s are measured exceeding the 

current lowest limit of 30 pl/s reported in literature [1]. 
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We also fabricate the integrated analytical system and provide a demonstration of 

the biomolecule sensing capabilities of our integrated system. Probe molecules with 

amino groups (cysteamine (C2H7NS) from Sigma-Aldrich) are first self-assembled on the 

gold electrodes, and target nano-particles (quantum dots) with carboxyl groups (COOH) 

(Qdot 565 from Invitrogen Corp.) then are bonded with the probe molecules. Both of 

binding occurrences are detected by measuring the electrical capacitance change. We are 

able to detect about 15% capacitance changes with this amino-carboxyl binding 

occurrence at 1 MHz. Also, with the use of quantum dots, optical fluorescence mode of a 

WITec Raman spectroscopy system is used to verify cause of the electrical signal change 

due to the probe and target molecule attachment. This successful electrical detection of 

the common amino-carboxyl binding process, substantiated by independent 

measurements, shows the potential detection applications of our structure for other 

biomolecules. 

6.2 Future Work 

In this dissertation, the self-contained nano-gap biomolecule capacitance sensor 

system integrated with nanofluidic control is constructed. The system application in 

biomolecule detection is demonstrated by measuring the electrical capacitance change. 

The fundamental principles behind the system are presented in detail. Corresponding 

theoretical analysis and experimental investigation are undertaken to support the whole 

system design. There are still some challenges to be overcome to allow the attainment of 

better performance in future work. 
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6.2.1 Fabrication Processes 

The electrode surfaces in the nano-gap capacitor structure require high surface 

quality to optimize the biomolecule assembling. High temperature annealing may 

improve the gold surfaces after the first layer of metal evaporation. It may improve the 

surface assembling density of the biomolecules, and, therefore, the sensitivity of the 

system can be improved. 

On the other hand, the step of a 10 μ m thick ECR-PECVD oxide deposition is 

extremely time-consuming and also unsuitable for commercial production. The dielectric 

and mechanical properties produced by this deposition are, in general, lacking. 

Furthermore, given the high aspect ratio of nanofluidic channel width to height, and the 

thin capping layer used, the mechanical deformation of the capping layer can be serious 

barriers to obtaining stable analytical systems with acceptable performance. To improve 

this, mechanical polishing and bonding technology can be utilized. Instead of depositing 

10 μ m thick oxide on the top, only 2 μ m thick silicon oxide is required. After 

polishing, a blank glass slide can be bonded with the device to improve the mechanical 

stability and achieve better dielectric properties. 

6.2.2 Impedance Spectroscopy 

The theoretical analysis based on a simplified circuit model in this work mainly 

focuses on different capacitance components and relevant effects in our electrochemical 

sensor system. This simplified model is not capable to characterize the complete 
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electrochemical system comprehensively by neglecting the internal complexities. 

Moreover, capacitance data are only acquired within certain frequency range due to the 

limited functionality of Agilent 4284A LCR meter used. Therefore, more advanced data 

analysis and equivalent circuit model simulation can be undertaken with an impedance 

spectroscopy over broader frequency range, subsequently, to better characterize this 

electrochemical system physically and chemically. Furthermore, with sufficient data over 

broader frequency range, Kramers-Kronig analysis can also be applied to evaluate the 

data quality, and therefore, evaluate the complete electrochemical system in term of 

linearity, causal relation, and stability. 

6.2.3 Device Robustness 

Due to the nano-gap scale of the sensing structure and surrounding dielectric 

materials, a small amount of accumulated charge on the electrodes can produce an 

extremely strong electric field between the two opposite electrodes. Because of this, the 

nano-gap sensing device turns out to be very easily broken down electrostatically. A 

better packaging method needs to be proposed to prevent the electrostatic break down. 

Use of other electrode materials such as semiconductor materials with stronger adhesion 

strength with substrate may be another potential way to improve the device robustness. 

Other than that, configuration of vertical electrode setup instead of current horizontal 

layer structure can be used to improve device robustness. 
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6.2.4 Electrode Materials 

Silicon-based ISFET biomolecular sensors have shown the flexibility and 

versatility of silicon in the sensing field. With the high sensitivity to surface charge 

density, semiconductors can be used as the electrode materials instead of metals to 

improve the system sensitivity. Semiconductor material use may also contribute to 

improving device robustness. 

6.2.5 Sensitivity 

Signal amplification method can be applied in this system by using nano-particles 

capped with target molecules and corresponding interactant molecule pairings (e.g., 

double strand DNA) to improve the sensitivity [2]. The amplification principle is based 

on the extremely large number of corresponding interactant molecule pairings which can 

be more easily detected for each target molecule binding event. 

6.2.6 Application 

The future goal of this integrated analytical system lies in its being able to be 

applied in detecting actual biomolecules of interest especially for practical clinical 

diagnosis. One of the potential applications can be its use to detect cancer formation. 

Recent research has shown that methylated DNA is one possible screening marker for 

cancer [3]. Therefore, by using the affinitive MBD protein (Methyl-CpG Binding 
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Domain) which is able to distinguish and bind methylated DNA, methylated DNA related 

with specific cancer could be detected in our system. 
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Appendix 
 

Nontechnical Abstract 

Since the 1940s when Leland C. Clark fist measured glucose concentration with 

the famous Clark oxygen electrode, biomolecular sensors have played a significant role 

in human healthcare. The fundamental of biomolecular sensors relies on molecular 

interactant pairings (visualized as lock-key pairings) in biological organisms based on 

structural affinity, such as enzyme-substrate, enzyme-coenzyme, antigen-antibody, 

biotin-streptavidin, and widely known double strand DNA, etc. In such couplings, one 

component (e.g., lock) can be fixed and used as the probe, and hence can be used to catch 

and detect the other component (e.g., key) which is identified as the target. Consequently, 

biomolecular sensors can realize high selectivity and sensitivity which is required in 

detecting a variety of biomolecules. 

Further, with the continuous development of novel materials, principles and 

technologies, especially the emergence of Micro-Electro-Mechanical Systems (MEMS) 

technology (1970s) and biochip technology (1990s), current biomolecular sensors often 

comprise Micro-Total Analysis Systems (μ TAS) with minimization, integration, and 

intelligence. Portable medical diagnostic instruments, aimed to offer point of care testing 

(POCT) in a timely manner, have been pioneered by the glucose meters commercially 

developed in 1993. The ultimate goal scientists have been striving for is to realize a 

Lab-on-a-Chip system which integrates analyte sample flow control, biomolecule 



98 

 

detection, and processing on a single chip. These essentially necessitate a suitable sensing 

approach for highly integrated analytical systems. 

In this work, we construct a self-contained nano-gap biomolecule capacitance 

sensor system with nanofluidic control. This work represents the first time such a device 

has been developed, to our knowledge. It is based on a full analysis, design and 

fabrication approach, which addresses noise, sensitivity, and integration issues. This 

sensor system consists of an integrated microfluidic channel in PDMS and a nanofluidic 

channel in silicon oxide, feeding a nano-gap capacitor sensing structure with gold 

electrodes. The molecule detection capability is based on the electrical capacitance 

change upon probe and target molecule binding on the gold electrode surfaces (spaced 50 

nm) in the nano-gap sensing structure. A schematic model and corresponding theoretical 

analysis are performed to show the noise shielding advantages in our specific nano-gap 

sensing structures ascribed to the electrical double layer overlapping within 50 nm gap 

capacitor structure. 

 The active molecule flow and exchange through the nano-gap sensing structure 

is fundamentally required for implementing a rapidly responsive biomolecular sensor 

system. These issues are solved using a microfluidic flow control channel connected with 

the nanofluidic channel in parallel, initially developed using a theoretical analysis to 

support its feasibility. By using this unique parallel connection configuration, an 

extremely fine controlled flow rate through the nanofluidic channel leading to and from 

the nano-gap sensing structure is realized and the interfacing problems with the external 

macro-fluidic world are solved successfully. 
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Biomolecule sensing capabilities of our sensor systems are also demonstrated in 

this work by self-assembling probe molecules (cysteamine with amino groups) and 

attaching target molecules (quantum dots with carboxyl groups) on the gold electrode 

surfaces. Electrical capacitance signals are measured while infusing DI water through the 

system following both of binding occurrences. About 15% capacitance changes following 

this amino-carboxyl binding occurrence are detected. Optical fluorescence spectra are 

also acquired to verify that the quantum dots used in this demonstration do attach and 

cause the corresponding capacitance changes. This successful electrical detection of the 

common amino-carboxyl binding process shows the potential detection applications of 

our systems for other biomolecules. 
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