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ABSTRACT OF THE DISSERTATION 
 

 

Semiconductor Electronic Label-Free Assay (SELFA) with Novel 

Nanowire Field-Effect Transistor Biosensors 

 

 

by 

 

 

Yufei Mao 

 

Doctor of Philosophy in Electrical Engineering 

 

University of California, Los Angeles, 2016 

 

Professor Chi On Chui, Chair 

 

 

Biomolecular assays are biochemical tests used for quantitative measurement of 

target biomolecular analytes from specimens. This is usually achieved with labelling 

techniques where target biomolecules were conjugated with labels for signal readout. 

Label-free assay provides an alternative route to detect target biomolecules without 

secondary label conjugation. The technique enables high-throughput and real-time 

measurements of analyte samples which is of primary significance in many biological 

applications (e.g. drug screening, point-of-care diagnosis). 

One promising candidate for real-time label-free biomolecular detection is using 

field-effect transistor (FET) biosensors. A FET without a gate electrode is designed to 

detect immunological antigen-antibody binding reactions. Charged target biomolecules 

are bound with specificity onto biological receptors anchored on the oxide dielectric 
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surface. The induced electric field mediated by oxide dielectric is directly translated into 

current change without any labeling. Nanowire FET (nwFET) biosensors have been 

demonstrated to have exceptional biomolecule sensitivity with lower limit of detection 

(LLOD) down to sub-picomolar range. However, the inherently low output-signal levels 

are impractical for their use outside of the research lab. In addition, variability issues 

originated from device fabrication, system integration and during sensing experiment 

prohibit reliable quantitation of target biomolecules in the scenarios of interest. As a 

result, label-free biomolecular assays have not been meaningfully adopted and impacted 

the biomedical and pharmaceutical industry even after decades of intense research. 

To boost output signal level of FET sensors, we previously proposed a novel T-shape 

nwFET (T-nwFET) structure by itself as an integrated sensor-amplifier to amplify output 

signals at close proximity. However, the concept of T-nwFET as a biosensor has not been 

implemented in biomolecular detections.  In this work, we first understood and improved 

the sensitivity of T-nwFET biosensors using a signal-to-noise ratio metric, and validated 

the performance in practical settings. We also investigated theoretical and practical 

approaches to improve selectivity, which is crucial for accurate quantitation of 

biomolecules. We proposed a novel per-sensor based calibration scheme to mitigate 

device-to-device and test-to-test variability. We then developed the T-nwFET into a 

holistic biomolecular assay platform, SELFA, and its performance was evaluated by 

implementations in predictive toxicology and clinical studies. 
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Chapter 1  

Introduction 

 

 

 

 

 

Biomolecular assays are biochemical tests used for qualitative assessment or 

quantitative measurement of target biomolecular analytes from specimens. The tests rely 

on the inherent affinity of a capture probe to specifically recognize and bind to a target 

biomolecule. Examples of affinitive binding pairs include antibody-antigen and 

complementary, single-strand DNA/RNAs. Quantifiable physical or chemical changes 

generated from the bound complex are then detected and transduced into output signals. 

Assay platforms, or biosensors, can be categorized in two groups according to detection 

technique, namely labeling and label-free. Labeling assays typically employ a secondary 

molecule to conjugate with the target analyte to generate detectable signals. Label-free 
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platforms, on the other hand, take advantage of intrinsic properties of target molecules for 

direct quantitative analysis. 

 

1.1 Labeling and label-free assays 

 

 

The most popular labels that are conventionally used are fluorescent [1], 

chemiluminescent [2], and radioactive [3]. However, these methods have general 

limitations and each label has specific disadvantages. In fluorescent labeling, conjugated 

fluorophores are quickly bleached upon exposure to light and quantitative analyses is 

sensitive to environmental conditions, such as pH. Chemiluminescence (CL) is the 

phenomenon of induced light emission through a chemical reaction. CL reaction requires 

the addition of chemicals, therefore the technique can only generate a single, one-time 

measurement and samples cannot be archived. Radioactive labels, providing the highest 

sensitivity among the labels, offer the lowest throughput due to safe-handling and disposal 

issues. In general, these methods in general have fundamental limitations: increases in the 

turnaround time (TAT); the requirement for expensive, dedicated equipment; and 

complicated handling procedures when measured at steady state.  

Enzymes are another, frequently used label, in addition to the three labels discussed. 

The activity of a conjugated enzyme via a reaction with an incubated substrate results in 

optically measurable activity. An enzyme-labelled “sandwich” assay, often called an 

enzyme-linked immunosorbent assay (ELISA), is illustrated in Fig. 1.1 [4]. In brief, a 

capture antibody is pre-coated onto microplates to specifically bind to target biomolecules 

in an analyte solution. Detection and enzyme-linked secondary antibodies are sequentially 
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introduced to bind the capture antibody-antigen complex. Then the substrate is introduced 

and the reaction product is quantitated by measuring the optical intensity of the incubation 

solution. Enzymes are advantageous as labels because of their amplification capability 

when reacting to a substrate. However, the stability of enzyme activity also constrains the 

performance of an ELISA. 

Label-free approaches eliminate excessive secondary conjugation procedures, 

substantially mitigating the issues discussed. Moreover, transduced signals can be acquired 

in-situ to reflect real-time reversible binding reaction, crucial for applications such as 

pharmaceutical screening and biomolecule kinetics studies [5]. Therefore, label-free 

modalities are promising and suitable in many scenarios of interest. 

One mature, label-free technology is surface plasmon resonance (SPR) based assay 

platforms. The SPR biosensor has been shown to be an exceedingly powerful and 

quantitative label-free platform. It provides a means for both identifying bimolecular 

interactions and quantitating analyte concentrations. In a typical SPR biosensor, the 

 

 

Fig. 1.1 Schematic illustration of key procedural steps of a sandwich ELISA assay 

[4]. 
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incident light beam with an angle and wavelength close to the “surface plasmon resonance” 

condition is reflected by a gold sensing surface and detected by optical sensors. As the 

reflectivity of the gold plane is sensitive to adsorbed biomolecules on gold surface, the 

induced angle and wavelength change of the reflection beam is continuously recorded as a 

readout signal. Apart from SPR immunoassay, other optical biosensors using waveguide 

 

 

Fig. 1.2 Scanning electron microscopy of nanomechanical biosensor devices: a) 

microcantilever array [13], b) microtrampline [14], c) surface-stress membrane-like 

sensors [15]; d) schematic illustration of signal transduction of cantilever-based label-

free sensors by surface stress, resonant frequency and reflective angle. 

(d)
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and resonators as sensing devices have been extensively studied and determined to have 

superior, lower limits of detection [6-8].  

Another category of label-free techniques employs cantilever structures as sensing 

devices with versatile signal transduction mechanisms. The specific binding of target 

biomolecules onto capture probe modified cantilever beams can induce changes in surface 

 

Table 1.1 A general comparison of key procedural steps between labeling and label-

free immunoassays. Enzyme-linked immunosorbent assay (ELISA) and Field-effect 

transistor (FET) based biosensor assays are respectively chosen to represent each 

category. 

Key Procedural Steps 
Labeling  

(ELISA) 

Label-

free 

(FET) 

Performed before Testing 

Capture Antibody (Ab) Probe 

Immobilization 
Yes 

Surface Blocking of Nonspecific Binding 

sites 
Yes 

Performed during Testing 

Specimen Introduction Yes 

Washing Yes 

Specific Detection Ab Conjugation Yes No 

Washing Yes No 

2nd Ab Conjugation Yes No 

Washing Yes No 

Substrate Solution Introduction Yes No 

Stopping Solution Introduction Yes No 

Signal Change Readout Yes 
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stress [9], resonance frequency [10], piezoelectric current [11], and deflection angle [12] 

(Fig. 1.2d). Fig. 1.2 shows a few representatives of microcantilever biosensors fabricated 

using advanced micromachining and nanofabrication processes [13-15].  

In the two classes of biosensors shown above, biomolecules are sensed based on the 

amount of mass specifically adsorbed onto the sensing surface. The responses of the signals 

are converted into electrical domain for signal processing. However, using field-effect 

transistor (FET) as a sensor can directly detect the charged biomolecules bound to the 

sensor surface by measuring the change in electrical signal. The tool has received major 

share of attention in the past decades aside from many other promising candidates. Table 

1.1 compares the key procedural steps of labeling and label-free platforms. 

 

1.2 Development of FET-based biosensors 

 

A metal-oxide-semiconductor FET (MOSFET) was first developed into an ion-

sensitive FET (ISFET) device in the 1970s by Piet Bergveld [16]. In an ISFET, the gate 

contact in a conventional MOSFET structure is replaced with a separated reference 

electrode contained in an analyte solution (Fig. 1.3). In a conductive medium, the reference 

electrode is assumed to be faradaic and there is no potential drop at the electrode-electrolyte 

interface. Therefore, the drain current of ISFET is the same as in the MOSFET equation in 

triode regime: 

  21
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where Cox is the oxide dielectric capacitance per unit area, μ the mobility in channel, W and 

L the respective channel width and length (assuming the entire channel is exposed to the 

solution and used as an active sensing region), and Vgs, Vth, and Vds are the reference 

electrode potential, threshold voltage and drain voltage, respectively. As geometric 

parameter W/L is constant for a particular device and the carrier mobility μ is constant at a 

particular electrical biasing condition, the output signal ID is a unique function of Vgs-Vth 

when Vds is fixed throughout measurements. The threshold voltage Vth for MOSFET 

transistors is written as: 

 2ox ss D
th ms B

ox

Q Q Q
V

C
 

 
  

                         (2)

 

 

 

Fig. 1.3 Schematic illustration of (a) MOSFET, (b) ISFET and (c) Immuno FET. 

[16-17] 

(c)
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where ms is the work function difference between the metal gate and semiconductor 

channel, Qox is the sum of the oxide charge density through the entire thickness of dielectric, 

Qss is the silicon-dielectric interface charge density, and QD is the depletion charge density. 

In the last term, 2B determines the potential at the oxide-semiconductor interface when 

channel is inverted. In the case of ISFET, the potential difference from the reference 

electrode the to semiconductor channel changes, and eq. (2) is rewritten as: 

  
0 2ox ss D

th ref s B

ox

Q Q Q
V E

C
   

 
     

                                     (3) 

Here, Eref is the constant reference electrode potential, s is the work function of silicon, 

is the dipole potential of the analyte solution, and 0 is the surface potential at the 

solution-dielectric interface [16]. The sum of Eref-0+ reflects the “work function” at the 

dielectric-solution interface which is determined by the potential of the reference electrode 

and the property of the electrolyte such as ionic strength and pH. Therefore, under fixed 

VGS conditions, chemical species such as hydrogen ions (pH) can protonate/deprotonate 

hydroxyl terminated dielectric surface. The overall surface charges on the dielectric 

induced surface potential change on the dielectric-solution interface can induce a change 

in threshold voltage and reflect as a change in the output drain current mediated by the 

electric field variation inside channel. 

Based on similar analytical arguments and prototype demonstration of ISFET, a FET 

designed for immunoassays, namely immunoFET, was first patented in 1980 [18] and was 

first unambiguously demonstrated in 1989 [19] by directly measuring the change of surface 

potential at the solution-dielectric interface induced by human serum albmin binding to a 

pre-immobilized ISFET dielectric surface.  An immunoFET is essentially an ISFET with a 
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dielectric surface that is chemically modified to immobilize capture probes (e.g. antibodies), 

as illustrated in Fig. 1.3c. The antibodies bind specifically to free-flowing charged target 

species (e.g. antigens), inducing electrostatic potential changes near the dielectric surface. 

The penetrated electric field, coupled with the oxide dielectric, changes the conductance of 

the underlying semiconductor channel. However, signal responses of such immunoFETs 

are low and poor sensitivity is attained when target biomolecules are bound to the surface 

[20]. One dominate reason for this is because the electrostatic potential arising from these 

charges is instantaneously screened by ions in analyte solution within a finite distance, 

called Debye screening length. The screening length D at room temperature is given by: 

  
2

1

4
D

B i i

i

l z


 


                         (4) 

where lB is the Bjerrum length = 0.7 nm, ∑i is a sum over all ion species, and ρi and zi are 

the concentration and valence of ion species i [21]. Table 1.2 lists typical D values of 

phosphate buffer saline (PBS) at different concentrations. As a finite gap exists between 

captured antigens and sensor dielectric surface, using low ionic strength buffer 

 

Table 1.2 Ionic strength and Debye length of buffer solutions with different 

concentrations. 

Concentration 
Ionic strength 

(mM) 
Debye length D 

(nm) 

1x PBS 162.7 0.76 

0.1x PBS 16.27 2.41 

0.01x PBS 1.627 7.61 
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solution (e.g. 0.01x PBS) to alleviate counter-ion screening effect is possible to allow 

charge-induced electric field penetrating into the FET channel.  

 

1.3 Silicon nanowire FET biosensors: outstanding 

performance and current challenges 

 

The fast downscaling of MOSFET dimensions and the emergence of novel 

semiconductor materials, one-dimensional (1D) and two-dimensional (2D) FETs using 

nanowires, carbon nanotubes, and graphene as conductive channels have drawn 

tremendous attention. The improved gate-control capability and high carrier mobility are 

preferable not only for computing applications, but can also be translated to the field of 

biological sensing as well. Among other promising candidates, silicon nanowire FET (Si-

nwFET) has attracted attention in relation to a matured semiconductor industry. Si-nwFET 

based biosensors were first reported in 2001 [22]. Thereafter, a variety of nwFET devices 

have been demonstrated to have outstanding sensitivity to pH, nucleic acids, and proteins 

compared to conventional immunoFETs with a planar channel structure [22-24]. A 

conventional point of view attributes such improvement to the increased surface-area-to-

volume (S-to-V) ratio [25]. The argument suggests that in a device with a larger S-to-V 

ratio (and smaller channel diameter), the same amount of electrical charges on the FET 

oxide surface results in a larger proportional change of the volumetric carrier density, hence 

proportional current change. However, the argument fails to account for the effect of charge 

screening in an electrolyte environment. Meanwhile, the high sensitivity could be also 
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explained from a surface electrostatic screening perspective [26]. Such work considers 

electrostatic potential near the dielectric-solution interface in different geometric shapes. 

The varied potential herein affects the local ionic strength and induces different fractions 

of electric field penetration into FET channels, as shown in Fig. 1.4. Both arguments lack 

solid experimental data to generate conclusions. Although there is no consensus at to how 

high sensitivity can be attributed, nwFET based biosensors prevail over planar MOSFET 

immunoFET through an improved signal transduction mechanism.  

NwFET biosensors can be fabricated via “bottom-up” and “top-down” approaches 

based on the fabrication technique. Fig. 1.5 schematically illustrates the typical process for 

both approaches [27]. The “bottom-up” method typically begins with the growth of 

nanowire channel in a chemical vapor deposition (CVD) system via the vapor-liquid-solid 

(VLS) mechanism [28]. The grown nanowires are then transferred to an insulating substrate 

and contacted with an electrode through photolithographic procedures. Nanowires 

fabricated with such a technique can be shrunk down to a diameter scale of less than 10 

 

 

Fig. 1.4 2-D cross-sectional plot of the simulation results of the change in 

electrostatic potential due to the change of the biomolecules. [26]. 



12 

nm, however the variations of uniformity and alignment of nanowire arrays prohibit the 

application for mass production. “Top-down” Si-nwFETs are mostly fabricated on a 

silicon-on-insulator (SOI) wafer [23-24]. The nanowire channel is usually defined through 

electron beam lithography and patterned with dry or wet chemical etching processes. The 

metal electrodes are formed through a standard metal deposition method. Compared to 

“bottom-up” growth, the “top-down” method is preferable due to its compatibility and 

 

 

Fig. 1.5 Schematic illustration of a typical process for (a) top-down and (b) bottom-

up approaches [27]. 
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potential capability to integrate with standard complementary metal oxide semiconductor 

(CMOS) processes widely used in integrated circuit industries.   

 

 

 

Fig. 1.6 Schematic illustration of methods for sensitivity enhancement. (a) a 

selective joule heating method to selectively immobilize sensor surface, (b) selective 

chemical modification of bottom-up grown nanowires to increase sensitivity (right) 

compared with conventional process (left), (c) hydrophilic (left) and hydrophobic 

passivation layer (right) effect on surface adsorption. Figures reproduced from [29-31]. 
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Recently, several methods have been explored to improve the sensitivity of nwFET 

sensors. For nwFETs fabricated using a top-down method, an insulation layer (e.g. Si3N4, 

SU-8) with openings on the order of several micrometers is typically deposited on top of 

fabricated devices to prevent electrical shorting and nonspecific bindings (NSB) of analyte 

biomolecules on the chip surface except to the sensing regions. However, the opening area 

is still much larger than the sensor surface, leading to an excess amount of capture probes 

to be immobilized onto the underlying oxide surface. This fundamentally restricts detection 

when target molecules are scarce or the analyte sample volume is small. Localized joule 

heating provides a route to selectively conjugate sensor surface [29]. Using this method, 

properly biased silicon channels can generate a high temperature with a large thermal 

gradient to melt the pre-coated, thin polymer layer and are then modified with specific 

capture probes. Similarly, the selective surface modification (SSM) strategy has been 

explored for bottom-up fabricated nwFETs. Li et al. [30] developed a method to modify 

grown nanowires with chemical linkers prior to transfer onto the substrate, allowing for the 

subsequent biochemical reactions to occur only on the sensor surface. Using such a method, 

the lower limit of detection (LLOD) for a selectively immobilized sensor is in the range of 

1fM, more than 10 times smaller than that of a generic sensor without selective 

immobilization. Instead of reducing the nonspecific immobilization of capture probes, Kim 

et al. [31] has studied the hydrophobicity of the surface passivation layer. A polymer layer 

with a high surface contact angle has been shown to facilitate the binding of target analyte 

onto capture probes, imporoving sensitivity. The reported LLOD for a nwFET sensor with 

a hydrophobic passivation layer is 100 times lower than that of a sensor with a hydrophilic 

layer. Fig. 1.6 lists schematics of these methods. Moreover, a variety of efforts have been 
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made to explore superior sensitivity. Multi-channel nwFET has been demonstrated with a 

sub-fetomolar detection limit upon the specific binding of bovine serum albumin (BSA) 

[32]. Suspended nwFET sensors have been fabricated through isotropic etching of the 

underlying buried oxide layer of the SOI wafer. The entire channel, rather than the top and 

side surfaces, can then be modulated by charges at the oxide dielectric surface. The reported 

data shows a three-fold improvement of pH sensitivity [33]. Besides the DC measurement 

condition, frequency domain characteristics and trap phenomena have been adopted as 

alternative routes to extract sensor signal responses instead of DC measurements [34-35].  

Nevertheless, reported data have shown inherently very low output-signal levels at 

LLOD, i.e. tens to hundreds of picoamps of drain current changes, as summarized in Fig. 

1.7 [23, 28, 34, 36-37], and are therefore impractical for use outside of research labs.  

 

 

Fig. 1.7 Benchmarked representative biosensing performances of silicon nwFET 

sensors reported in literature. Data reproduced from [23, 28, 36, 38-39]. 
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Additionally, variability issues originate from fabricated FET sensor device, system 

integration and during biological experiments are far from being understood, prohibiting 

its reliable applications in quantitating real biological samples in the scenario of interest. 

As a result, label-free FET immunoassays have not been meaningfully adopted and 

impacted the biomedical and pharmaceutical industry even after over three decades of 

intense research.  

 

1.4 Overview of work presented 

 

To boost the output signal level of FET sensors, we previously proposed a novel T-

shape nwFET (T-nwFET) structure by itself as an integrated sensor-amplifier to amplify 

output signals at close proximity [38-39]. In this work, we first understood and improved 

the sensitivity of T-nwFET biosensors using a signal-to-noise metric, and validated the 

performance in practical settings. We also investigated theoretical and practical approaches 

to improve selectivity, which is crucial for accurate quantitation of biomolecules. We 

proposed a novel per-sensor based calibration scheme to mitigate device-to-device and test-

to-test variability issues. We then developed the T-nwFET into a holistic biomolecular 

assay platform, SELFA, and its performance was evaluated through implementations in 

biological and clinical studies.  
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Chapter 2  

Novel amplifying silicon nanowire FET biosensor 

fabrication, characterization and integration 

 

 

 

 

2.1 Background and review of previous work 

 

The low output signal level of nwFET biosensors at concentration close to detection 

limit causes problems for the practical applications of such technology. On one hand, 

expensive and bulky high-precision instruments are required to measure current changes 

on the order of tens to hundreds of picoamps (Fig. 1.7). This restriction prohibits the 
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accessibility of such technology outside research lab. On the other hand, performances such 

as LLOD are vulnerable to ambient environment. For example, noise originated from 

device itself as well as the system could overwhelm the signal at LLOD and worsen sensors 

performances. Therefore, the low-signal-level issue could offset the potential advantages 

of nwFET biosensors and need to be addressed before its practical implementation in 

clinical and biological studies.  

The low-signal-level can be readily boosted in the electrical domain, yet such 

amplification should occur as close as possible to the sensor in order to minimize the noise 

induced by parasitic components [40]. One feasible concept is an integrated nanowire FET 

sensor-amplifier that can locally amplify the transduced sensing current.  

Shin et al. [38-39] have firstly demonstrate this concept experimentally by a novel T-

shape nanowire FET (T-nwFET) device. The device consists of two nanowire structures 

(sensing and amplification nanowires) with three Schottky contacts (source, drain and 

sense), and is fabricated on a p-type SOI substrate with low-thermal budget CMOS 

 

 

Fig. 2.1 Structure of the label-free amplifying T-nwFET biosensor with integrated 

sensing and amplifying nwFET [43]. 
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compatible process (Fig. 2.1). In this novel device, the amplifying nanowire is integrated 

with an orthogonal sensing nanowire that amplifies any detected signal.  

The intrinsic amplification mechanism of the novel sensor can be understood with the 

help of the equivalent circuit illustrated in Fig. 2.2. Each nanowire segment from the 

intersecting node (at a potential of Vn) to the respective electrode can be represented as an 

ideal Schottky diode in series with the nanowire resistor. The sense current ISen and output 

current IDrain can be related through Vn. Given the exponential behavior of Schottky diodes, 

any change in Vn due to ΔRSen would change the current nonlinearly. A high current 

amplification ratio (dIDrain/dIsen) can be achieved by proper voltage bias [39].  

 

 

Fig. 2.2 Preliminary circuit model to understand the amplification mechanism. 

Each nanowire segment from the intersection node to the respective electrode can be 

represented as an ideal Schottky diode in series with the nanowire resistor. As sensing-

induced resistance change in sensing wire, drain current IDrain can be modulate 

nonlinearly [41]. 
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The device has demonstrated improved bulk and surface sensitivity experimentally 

compared with generic I-shape nwFET (I-nwFET) by examining its channel current 

response to incident microscope light and pH [38-39, 42] (Fig. 2.3). The data were 

consistent with numerical device simulations and a preliminary circuit model has been 

proposed to describe the amplification mechanism [39] (Fig. 2.2). 

In this work, we further investigated operation regime toward optimal noise 

performance of Schottky contact T-nwFET biosensor, explored its capability and noise 

performance for high performance biomolecule sensing, and eventually developed it into 

a holistic semiconductor electronic label-free assay (SELFA) platform for practical 

implementations in clinical and biological studies. 

 

 

 

Fig. 2.3 (a) Real-time sensing of incident microscope light by the bulk of the 

sensing nanowire in the generic I-nwFET and novel T-nwFET, (b) steady-state 

calibration curves: sensitivity comparison between I-nwFET and T-nwFET sensors in 

real-time solution pH detections, figure reproduced from [40-41]. 
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2.2 Fabrication process of T-nwFET biosensor 

 

Fig. 2.4 shows an outline of fabrication process flow for T-nwFET biosensors. 8” SOI 

wafers were purchased from SOITEC. The 750 μm-thick wafer contains a top silicon layer 

and buried oxide layer of 70 and 145 nm, respectively formed using a Smart CutTM 

technology [43]. The top <100> SOI layer is boron-doped with a bulk resistivity around 

10-20 Ω-cm. The wafer were diced into 7x7 cm2 square pieces to fit the process equipment.  

 

The process began with a cleaning step in piranha solution for 30 minutes to remove 

organic particles. Piranha solution was prepared following a standard procedure by adding 

 

 

Fig. 2.4 T-nwFET biosensor fabrication process flow, shown in side-view.   
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one part of hydrogen peroxide into three parts of sulfuric acid. Then square wafers were 

dipped into buffer oxide etch solution (BOE) for 15 second to guarantee a thorough 

removal of native oxide on SOI surface. Standard BOE solution was prepared comprises a 

6:1 volume ratio of 40% NH4F in water to 49% HF in water. 

To achieve nanowire pattern with channel width down to 100nm, electron beam (e-

beam) photolithography technique was used for step 2 (in fig. 2.4). Prior to e-beam writing, 

cleaned wafers were covered with an e-beam sensitive photoresist. PMMA 495A4 was first 

spin coated onto wafers with a spin rate of 5000 rpm for 45 seconds to form a 180 nm-thick 

layer. Coated wafers were then transferred onto a 180°C hotplate and baked for 15 minutes 

to drive off moisture. E-beam writing was conducted using Vistec EBPG 5000 electron 

beam writer with a dose of 900 μC/cm2. The exposed wafers were developed in MIBK/IPA 

solution for 45 seconds with a volume mixing ratio of 1:3 and then rinsed by IPA solvent 

for cleaning. The first electron-beam writing step was performed in Integrated 

Semiconductor Nanofabrication Cleanroom (ISNC), and remaining of the process was 

accomplished in Nanoelectronic Research Facilities (NRF) both in UCLA.  

In step 3, a 70 nm-thick chromium layer was deposited onto developed PMMA layer 

by an e-beam evaporation process in room temperature. In this way, nanowire patterns 

were transferred onto chromium layer by a lift-off process. The chromium layer was then 

served as an etching mask in further steps to define silicon nanowire channels.    

Next, a conventional photolithography technique was employed to define terminal 

contacts. In step 4, photoresist AZ5214 was used for an image-reversal process. In brief, 

the positive resist AZ5214 was transferred into a negative resist by a two-step exposure 

process. As a result, photoresist with a negative-angle sidewalls (undercut shape) near the 
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opening were formed. Such method was widely used to enhance quality of deposited metal 

[44]. Before deposition of metal, samples were again rinsed by BOE solution to confirm 

high-quality metal contact with silicon without attacking the chromium layer. Moving to 

step 5, a platinum/titanium dual layer was deposited onto silicon surface to define metal 

contacts and photoresist mask was then removed by lift-off process. Here, a solution gate 

was also defined to bias solution in later biomolecule sensing. 

Upon removal of photoresist, T-shape nanowire pattern with contact pads was defined 

by chromium and platinum/titanium layers (Fig. 2.5), both served as a mask for subsequent 

plasma dry etching process to form a FET device. In step 6, anisotropic reactive ion etching 

 

 

Fig. 2.5 Mask layout for T-nwFET device, (a) chromium and platinum/titanium 

layers as etching mask, (b) two T-nwFETs grouped together designed for differential 

measurements, (c) align marks for e-beam and photolithography. 
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of SOI layer was conducted using Unaxis SLR770 ICP. SF6 reactive plasma was adjusted 

with a pressure of 200 mTorr and AC power of 200 Watt to restrict the etching rate down 

to ~10nm/second. This is because a faster etching rate could lead to an over etching when 

timing cannot be properly controlled and an undercut of silicon under metal mask. Upon 

finish of etching, wafers were immersed in Cr-7s chromium etchant for 7 minutes. The 

etchant can selectively remove exposed chromium mask layer without attacking platinum 

and titanium dual-layer metal contacts. Then wafers have been sent to a rapid thermal 

annealing process at 450°C for 5 minutes in N2 to sintering the metal-Si contacts, this could 

help to enhance the device performance [45]. Fig. 2.6 presents scanning electron 

microscopy images of representative T-nwFET channel (Fig. 2.6a) and its roughness (Fig. 

2.6b) after RIE etching and annealing. 

In step 7 and 8, another gold/titanium dual layers were deposited onto samples to 

extend source, drain and sense terminals to the edge of each die for ease of connection. 

Last, the entire wafer was coated with an insulating SU-8 polymer layer to prevent any 

 

 

Fig. 2.6 Scanning electron microscopy (SEM) images of fabricated T-nwFET 

device after RIE etching step. 
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electrical shorting among metal pads during measurement in buffer and biological solution. 

SU-8 is a transparent biocompatible and photosensitive polymer, and therefore widely used 

as a passivation material for bioelectronics applications [46]. SU-8-2002 is used in our 

process to form a passivation layer by spin-coating to block the entire surface. Then, we 

employ conventional photolithography process to define sensing nanowire channel and 

metal pad regions to interface with analyte solution and apply electrical biases. Specifically, 

SU8 was spin-coated onto samples with a speed of 4000 rpm and duration of 40 seconds. 

Then wafers were pre-baked on a 95°C hotplate for 90 seconds. A total dose of 90 mJ/cm2 

was used to expose baked samples under UV light. This step was immediately followed by 

a 120-second post-baking on hotplate at 120°C and then developed in SU-8 developer for 

60 seconds. The formed SU-8 layer using above procedures was tested with a thickness 

around 1.4 μm. Fabricated wafers were then diced into single chips for future experiments. 

Fig. 2.7 presents a mask layout of T-nwFET biosensor chip and a photo image of the 

fabricated wafer.  

 

 

 

Fig. 2.7 (a) Mask layout of T-nwFET biosensor chip, (b) a 7x7 cm2 wafer of batch 

fabricated nwFET biosensor chips. 
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The T-nwFET device fabricated under above-mentioned process have two major 

advantages: 1) the Schottky contact formation without ion-implantation of source/drain 

regions reduce process complexity, and the ambipolar behavior allows device to be 

operated in both inversion and accumulation regime. 2) The process introduced above is 

conducted in low temperature. The highest temperature throughout entire process is 450°C. 

This low thermal budget process is an advantage for back end of line (BEOL) integration 

in IC fabrication process from process flow design point of view. 

 

2.3  Electrical characterization of T-nwFET device 

 

DC characteristics of fabricated T-nwFET device has been screened for every single 

device after fabrication to evaluate their performances. Each wafer contains around 200 T-

nwFET devices, and only representative data is shown here.  

All electrical characterizations here were conducted using Keithley 4200 

semiconductor characterization system for measurements. The device metal contacts were 

probed through micromanipulators. For T-nwFETs, channel was gated through back-side 

substrate in ambient environment, and also through co-fabricated on-chip solution 

electrode when in solution. 

Fig. 2.8 illustrates typical curves of transfer characteristics measured on T-nwFETs. 

Ambipolar behavior is observed for both drain current IDrain and sense current ISense as 

shown in Fig. 2.8 (a). The current magnitudes in both channels of T-nwFET and their 

relative ratio IDrain/Isense were determined by drain and sense terminal biases. Here, 

VDrain=2V and VSense=0.8V were applied. In Fig. 2.8 (b), extracted IDrain-VSub data was 
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plotted in logarithm scale. The calculated subthreshold swing SS is around 895mV/dec. In 

linear regime, transconductance is mostly used to evaluate device performance and is a 

crucial parameter for FET based chemical and biosensors, since its value determines the 

 

 

 

Fig. 2.8 (a) Ambipolar behavior of both drain current and sense current in T-

nwFET, (b) transfer characteristics of drain current as a function of substrate gate 

voltage, plotted in logarithm scale, calculated subthreshold swing SS= 895mV/dec, (c) 

transfer characteristics from depletion to inversion regime, and calculated “back-gate” 

transconductance. 
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magnitude of response signal (drain current change)  (Fig. 2.8 (c)). In our device, 

transconductance of substrate gate is calculated from IDrain-VSub data with a drain voltage 

of 2V. The transconductance value (refers to right-side Y-axis) is peaked right above 

threshold voltage with a value of 175nA/V and degraded as VSub increases. The drain 

 

 

 

Fig. 2.9 (a) Transfer characteristics of amplifying nanowire modulated by sense 

voltage, (b) output characteristics of a generic I-nwFET at varied VSub with floating 

sense terminal. 



29 

current modulating effect of sense terminal voltage VSense on IDrain is confirmed in Fig. 2.9 

(a). As VSense increases, drain current is modulated, and at a large Vsense, we observed a 

negative IDrain when the potential in the midpoint of T-channel is higher than that of VDrain 

[38]. Fig. 2.9 (b) also presents an output charateristic data measured at varied substrate 

biases with sense terminal floating.  

To sum, we measured our fabricated Schottky contact T-nwFET devices. The data 

showed representative DC characteristics and T-nwFET current amplification behavior is 

confirmed. The amplification behavior can be controlled with proper selection of drain and 

sense biasing and used to amplify any current change in sense nanowire. 

 

2.4 Development of SELFA platform 

 

In this section, we describe the immobilization procedures to cross-link capture probes 

onto sensor surface. The biochemical process is designed with two major considerations: 

covalent cross-linking of capture biomolecules within short distance and effective 

passivation of unreacted surface sites. The goals are to minimize Debye counter-ion 

screening effect and reduce nonspecific adsorption of charged biomolecules, both of which 

could affect the performance of the assay. Moreover, we developed the chip into an assay 

platform. The platform incorporating fluid handling module and packaged with proper 

electrical shielding in a portable fashion enables its practical implementations in biological 

and clinical studies. 
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2.4.1 Silicon dioxide chemical modification on nwFET 

biosensors for capture probe immobilization 

To make nwFET a biosensor, capture probes with high specificity to target species 

need to be immobilized onto channel dielectric surface (Fig. 1.3c). In the case of silicon 

nwFETs, oxide dielectric surface, formed either from native oxide, thermal growth or 

chemical deposition, usually terminated with hydroxyl group, cannot directly graft probes 

such as antibodies on top. This step is therefore mediated by chemical modification of 

oxide surface with another functional group that can covalently bond to antibodies.  

In our case, a 4-step procedures were employed to immobilize capture probes onto 

silicon dioxide surface by cross-linking the amine group in capture biomolecules. Most 

commonly used method to functionalize the silica surface is through a silanization process 

and a diversity of alkoxysilane-based linkers have been employed [47]. In our process, 3-

aminopropyltriethoxysilane (APTES) has been used to convert hydroxyl-terminated 

surface group with amine group. It has been well studied that APTES can also cross-link 

with itself and present in multiple forms, affecting the immobilization quality [48]. To 

achieve an optimal quality based on literatures, we prepared 2% (v/v) diluted APTES in 

ethanol solvent. Freshly purchased APTES sealed with inert gas was directly transferred 

into ethanol to prevent degradation. Fresh chips with SU-8 passivation layer were first 

cleaned by pure ethanol and DI water sequentially before immersing into 1% APTES 

solution. The immersed chips were then incubated for 1 hour in 70°C. The elevated 

temperature is considered to improve homogeneity of the formed monolayer [48-49]. Upon 
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completion of incubation, chips were washed by ethanol and DI water again to remove 

unbound APTES, then dried in nitrogen. 

In next step, glutaraldehyde was employed to modify amine-terminated surface with 

aldehyde groups. Glutaraldehyde consist of two back-to-back aldehyde groups, both can 

covalently bond to amine groups. Therefore, the molecule can attach to APTES surface on 

one side and recognize amine groups in antibodies on the other side. The small molecular 

weight of glutaraldehyde, thence short length, is also preferable for immobilization onto 

FET sensor surface. It has been reported that glutaraldehyde tends to cross-linked with 

itself, and form monomers during long term storage [50], therefore purchased 

glutaraldehyde was stored in -20°C to minimize degradation. Frozen glutaraldehyde was 

thawed in room temperature and then diluted into 1% (v/v) in 1x PBS. 200μL of diluted 

solution was then pipetted onto sensor surface and incubate for 1 hour at room temperature. 

The chip was then washed by blank 1x PBS solution and blow dried.  

 

 

Fig. 2.10 Schematic illustration of the 4-step immobilization process. 
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In the 3rd step, capture probes are immobilized onto modified surface through an 

amine-aldehyde covalent bonding. For all experiments within our studies, immunoglobulin 

G (IgG) antibodies, synthetic rRNAs have been used as capture probes, all containing at 

least one active amine group site. The capture probes were in general prepared in a 

concentration of 10μg/mL in PBS buffer solution. 200μL of the solution was then pipetted 

onto sensor surface and incubated overnight at 4°C. The incubated chip was then washed 

in same blank PBS buffer to remove unbound capture probes.  

In the last step, we introduced 1mg/mL amine-polyethylene glycol (PEG) to block 

unreacted aldehyde group and suppress random fouling of the sensor. Details of this 

process will be discussed in next chapter.  

In brief, we adopted a 4-step procedures to covalently attach capture probes onto T-

nwFET sensing channel and block non-reacted surface sites to prevent random fouling. A 

brief illustration of the process is shown in Fig. 2.10. The above-mentioned process is 

relatively simple among other methods, but it should be noticed that nonspecific covalent 

binding to different amine sites in antibodies could inherently introduce signal variations 

due to inhomogeneous immobilization from time-to-time [51]. 

2.4.2 Microfluidic design and biosensor system integration 

Packaging is of utmost importance in semiconductor industry to guarantee long-term 

stability and reliability. Besides, in biomedical applications such as decentralized 

diagnostics, lab-on-a-chip biosensor platforms are needed in point-of-care (POC) settings. 

This requires complex system-level design with challenges in fluid handling, system 

integration, and low-cost electronic readout circuitry in portable dimensions. In particular, 
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fluid handling is a main concern for biosensors, as medium swapping and transportation 

are disturbing by their nature. Using microfluidic channels can alleviate this issue to great 

extent, because it enables fluid handling with controlled environment, i.e. flow rate, and 

has minimal exposure to atmosphere (usually at inlets and outlets), prevent the disturbance 

introduced outside of the channel. Here, we developed our microfluidic module for proper 

fluidic handling.  

 

Fig. 2.11 (a) mask layout for serial and individual-addressable microfluidic 

channels; (b)-(d) microscopic images of microfluidic system integrated on top of sensor 

surface; (e) size comparison of wire-bonded sensor chip (top), blank chip without SU-

8 passivation layer (bottom-left), and a quarter coin (bottom-right); (f) wire-bonded 

sensor chip inserted in ZIF socket on PCB board, steel box is used for proper electrical 

shielding. 
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Microfluidic modules were fabricated using soft-lithography technology, and contact 

masks are employed to create hard molds on flat substrate. Fig. 2.11 (a) represents a design 

of microfluidic module allowing serial and individual delivery of analyte solution. The 

fabrication of molds started with a photolithography step to expose mask patterns onto 

thick AZ4562 photoresist layer coated on top of a 4” silicon wafer. The wafer was then 

etched by DRIE process to transfer photoresist patterns onto silicon substrate with an 

etching thickness of 100 μm. The etched silicon mask was then treated with Trichloro(1H, 

1H, 2H-perflurooctyl)-silane vapor in vacuum desiccator overnight. The gas phase 

deposition of Trichloro(1H,1H,2H,2H-perflurooctyl)-silane translate the original native 

dioxide into a very hydrophobic surface [52]. The cured soft module on top can then be 

easily peeled off from the mold.  

Polydimethylsioxane (PDMS) is used to make microfluidic modules in our 

experiments. Soft lithography technique using PDMS has been well developed and briefly 

reiterated herein. PDMS base and curing agent were fully mixed by a 10:1 ratio. The 

mixture was applied on top of mold substrate and desiccated to drive off bubbles inside. 

Finally, the mixture was sent into a 75°C oven for 2 hours for hardening. The transparent 

cured PDMS with microfluidic channel patterns embedded can be used as microfluidic 

module. To firmly attach microfluidic module onto SU-8 passivation layer of T-nwFET 

biosensor chip, SU-8 and PDMS surfaces need to be treated with APTES and oxygen 

plasma, respectively [53]. During biosensing experiment, the bonding strength of PDMS-

SU-8 is weaker than conventional PDMS-oxide bonding [53]. To prevent any potential 

fluidic leakage, negative pressure should always applied at the outlet of microfluidic 
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channel. Fig. 2.11 (b), (c) and (d) present microscopic images of integrated microfluidic 

channels on top of sensor chips. 

To implement biosensing experiments in a portable fashion, sensor chips with 

immobilized capture probes and microfluidic modules were packaged into a dual-inline-

package (DIP) carrier and wire-bonded for electrical connections. The carrier was then 

inserted into a zero-insertion-force (ZIF) socket mounted on a custom-made PCB board. 

The board enclosed by an iron faraday cage can then be measured by test equipment (Fig. 

2.11 (e) and (f)).  

 

2.5 Conclusion 

 

In this chapter, general experimental methodology on device fabrication, surface 

capture probe immobilization and system integration were discussed. It should be noted 

that each batch of fabricated device has slight modifications to meet particular needs of 

research goals, but the designs and experimental scheme are consistent. For example, the 

layout of batch fabricated sensor chips may varied, immobilized capture probes could also 

change depending on types of target biomolecules, but process flow holds for every batch 

fabrication. 

In summary, we introduced fabrication, chemical modification, microfluidic 

integration and packaging of T-nwFET biosensors. The fabricated devices were 

characterized and employed for our studies in the following. Microfluidic integration and 

packaging of biosensors are crucial in our following experimental studies, as it provides a 
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portable hardware platform that can be reliably used outside research lab without 

introducing additional disturbances to biosensor device. 
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Chapter 3  

SNR optimization and LLOD validation on 

SELFA platform 

 

 

 

 

3.1 Introduction 

 

In characterizing biosensors performances, there are few related metrics that usually 

adopted to describe their capabilities in quantitating specific target biomolecules. We 

herein define four inter-related metrics used in our studies to elucidate any obscurity.  

 Sensitivity (S) of a measuring system is officially defined as the slope of a 

calibration curve (e.g. response signal R vs. concentration of analyte C, plotted 
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in log scale) according to International Union of Pure and Applied Chemistry 

(IUPAC) in 1995 [54]. S = ∂R/ ∂C. 

 Signal-to-noise ratio (SNR) is defined as the mean response of output signal 

𝜇𝑠𝑖𝑔 over its standard deviation 𝜎𝑠𝑖𝑔 (SNR = 𝜇𝑠𝑖𝑔/𝜎𝑠𝑖𝑔). 

 Lower limit of detection (LLOD) is the lowest concentration of the target 

biomolecules that can be distinguished from the blank solution. In terms of 

population statistics, the frequency of the signal values are plotted against the 

signal values as illustrated in Fig. 3.1. If the blank signal mean and standard 

deviation are respectively μb and σb, the signal yD at LLOD is equal to μb+kDσb 

where kD is determined by the clinical requirements [55-56]. Here, we take kD 

value as 3. Therefore, y𝐷 = 𝜇𝑏 + 3𝜎𝑏. 

 Resolution refers to the minimum resolvable concentration level with a given 

noise level, it is defined analyte signal mean equals to standard deviation of 

signal response, and is calculated by dividing standard deviation of blank 

signal over sensitivity (Resolution=𝜎𝑠𝑖𝑔𝜕𝐶/𝜕𝑅) [57]. 

The sensitivity metric indicates how much the output signal changes when an input 

dose varies. However, the metric fails to include any information about noise which is 

inevitable in practical settings and is therefore insufficient for evaluation of biosensors. 

SNR should instead be used for the assessment as it correlates the magnitude of output 

signal to the measured variations. LLOD is another metric mostly quoted by analytical 

chemists as a measure of the inherent detection capability of assays [54], and it is indeed 

correlated to SNR. This is simply because the value reveals the usefulness of such tool for 

quantitation of biomarkers in disease diagnosis and many other biological applications. For 
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example, an assay tool can only be used when its LLOD is lower than interested 

concentration range of the target biomolecules. The noise, originated from different sources, 

defines the resolution, SNR and LLOD. For FET based biosensors, electrical, 

biological/solution [58-60] and system [61] noise contribute to the fluctuations of measured 

drain current. Therefore, an optimal sensor system should incorporate perspectives of both 

high-signal-response and low-system-noise.  

As discussed in chapter 1, signals in FET-based biosensors inherently stemmed from 

surface-charge-induced potential change. A part of this potential is transduced into a 

number change of mobile carriers and measured by a difference of output drain current. To 

investigate SNR performance of our T-nwFET biosensor, we studied both signal and noise 

aspects. According to Eq. (1) in chapter 1, when drain terminal voltage VDrain is fixed, 

 

 

Fig. 3.1 Plot of the frequency of the signal values, f(y), versus the signal values, y 

as lifted from Reference [56]. Curve 1 is the blank signal and Curve 2 to 4 are the 

analyte signals. 
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output signal ΔIDrain is proportional to a combined effect of transconductance gm and Δ(Vgs-

Vth) in linear regime. With FET device biased in subthreshold regime, ΔIDrain can still be 

represented by gm*Δ(Vgs-Vth). Assuming the amount of induced surface potential change 

at dielectric-solution interface is fixed and independent of device and solution electrical 

biasing, the “signal” part in SNR mainly relies on gm as its strong correlation with device 

operating regime (Fig. 2.8 (c)). Here we also assume a change of Vth in actual experiment 

to a change of solution gate potential Vgs in our studies. On the other hand, our studies on 

“noise” part in SNR is restricted to noise generated from semiconductor device itself, 

mostly low-frequency noise (LFN) in particular. As we focused our studies on the 

understanding of noise behaviors of nwFET devices and its implications for SNR 

optimization, other typical noise sources in biosensing introduced by biological reactions 

(i.e. antibody-antigen reversible bindings) and measurement equipment are not covered in 

our works. The in depth analysis of biological noise and noise process at 

electrode/electrolyte interfaces are discussed by Hassibi et al. [58-60]. Using this SNR as 

a figure-of-merit, we evaluate T-nwFET sensing capability at various operating regime. 

Such methodology is also employed to compare the performances of our amplifying T-

nwFET biosensor and generic I-nwFETs. 

Following the fabrication and integration methodology introduced in chapter 2, we set 

up the hardware foundation of our novel semiconductor electronic label-free assay (SELFA) 

platform with an array of T-nwFET devices as core biosensors. The calibration curves 

generated on multiple clinical-relevant biomarkers have been examined. In the curves, data 

points with error bars on it can be used to benchmark the LLOD of our assay platform. The 
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performances were also compared, again, with generic I-nwFET biosensors as well as gold-

standard labeling assays. 

 

3.2 Noise characterization for SNR optimization 

 

Low-frequency noise (LFN) or 1/f noise in semiconductor devices is a critical issue 

affecting the performance and long-term reliability in modern MOSFETs as the continuous 

shrinking of MOSFET dimension. The excess noise above white noise usually observed at 

low frequency spectrum. In nanowire- and nanotube-FET based chemical and biological 

sensors, where sensing channels are fabricated within tens to hundreds of nm dimension, 

understanding the LFN performance of these devices is of paramount significance as the 

dominant type of noise could set up the fundamental boundary of LLOD and resolution of 

sensors. Besides, the characteristics of LFN are typically used to evaluate the device 

intrinsic properties and help understanding its operating mechanism. The underlying 

figure-of-merit behind nwFET biosensors LLOD and resolution is essentially signal-to-

noise ratio (SNR). Intense attempts with both theories and experiments have been made to 

understand the optimal operation regime with highest SNR for nanoscale FET sensors [61-

66], nevertheless, both theoretical analysis and experimental works fail to reach a universal 

conclusion. Therefore, SNR measured in experimental-relevant settings should be closely 

investigated for every type of nwFET sensor itself in order to understand its operating 

mechanism and optimize its SNR. 
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LFN was measured and SNR was characterized herein for our devices to evaluate the 

regimes with optimal SNR performances. We examine LFN behaviors of our devices in 

 

 

Fig. 3.2 Schematic illustration of a) “generic I-channel” and b) “T-channel” sensor 

noise measurements layout. Same devices were operated as a generic I-channel and T-

nwFET sensors for direct comparison of noise and SNR performance. Solution 

electrode and droplet were not shown in b) for simplicity. 

 



43 

two different operating modes, “generic I-channel” and “T-channel” modes, in both dry 

and solution environments. Specifically, in “generic I–channel” mode, one of three metal 

contacts and channels was floated (Fig. 3.2a), and device was operated as a generic “I-

channel” nanowire FET sensor. For a “T-channel” mode operation, all terminals were 

electrically biased, as depicted in Fig. 3.2b. As our novel T-nwFET device has an additional 

electrical contact compared with conventional MOSFET device, measurements taken in 

“generic I-channel” mode would provide a rudimentary understanding of noise behaviors 

in FETs without considering impacts of the third terminal. Noise analysis in “T-channel” 

mode, on the other hand, provides a direct comparison between our amplifying T-nwFET 

sensors with conventional “I-channel” geometries. 

    To characterize nwFET sensors SNR to chemical and biological species, we 

measured solution-gate transconductance gm-SG. The sensing of FET devices is due to 

change in surface potential at dielectric-solution interface. For a faradaic electrode where 

it can exchange electrons with ions in solution and no potential drop across electrode-

electrolyte interface, this is equivalent to the change of solution electrode potential ΔVSG 

[64]. Hence, sensor’s signal should be proportional to ΔVSG (solution-gate potential change) 

for sensing of any charged species (pH, biomolecules, etc.). For noise characterization, 

measured output drain current noise power spectral density (PSD) SI can be translated into 

an equivalent input solution gate potential noise PSD SVG by SVG=SI/gm-SG
2. Therefore, we 

used SVG in our studies to evaluate SNR of FET-based sensors. In addition, root-mean-

squared drain current noise ΔIrms by integrating SI over measured spectrum in blank 

solution provides an absolute value of channel current noise. Taken its value over solution-

gate transconductance ΔIrms/gm-SG defines a minimum resolvable surface potential change 



44 

with given noise behaviors. In this work, optimal regimes in terms of highest SNR were 

assessed based on the parameter above-mentioned for both operating modes. The 

underlying physical processes were also discussed. 

3.2.1 Experimental methods 

Silicon T-nwFET devices were fabricated on SOI wafers according to above-

mentioned processes in chapter 2. Schottky contacts were formed for source, drain and 

sense terminals. A schematic illustration of noise measurement setup is depicted in Fig. 

3.3. The device under test (DUT) is wire-bonded to a ceramic carrier and loaded onto a ZIF 

socket. The output current of DUT was fed into a low noise current preamplifier (SRS570), 

 

Fig. 3.3 Schematic illustration of noise measurement experimental setup. For 

generic I-channel measurement, potentiometers were used to adjust substrate and 

solution gate biases Vsub, VSG. For T-channel measurement, VSG was tied to ground as 

0V, Vsub and VSense were biased using potentiometers. All of the drain terminals were 

fed with DC source from current preamplifier. 
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and then measured using dynamic signal analyzer (Agilent 35670A). We herein measured 

PSD of amplified signal between 1 to 800Hz with 1Hz resolution. We have adopted a few 

crucial steps to successfully eliminate ambient noise and recover intrinsic device noise [67]. 

Firstly, batteries were used as the input voltage sources for both solution and substrate gates 

to eliminate coupling of 60Hz AC noise. To adjust voltages across full device operating 

range, potentiometers were employed as voltage dividers. Then, drain terminal voltage was 

directly sourced from intrinsic voltage bias of current preamplifier, and the equipment itself 

was also powered by 36V batteries. Moreover, to screen any coupling of the noise into 

DUT, all components including cables and preamplifier were properly shielded in a 

Faraday cage with cables and equipment chassis tied to the ground. During the 

measurements, an initial holding time with all biases turned on was set before data 

acquisition to eliminate any current noise at very low frequency range due to drifting. For 

measurement conducted in solution environment, DI water was used to reduce 

interferences of leakage current especially when device was operated in subthreshold 

regime. For measurements conducted in T-nwFET sensor, additional voltage divider was 

used for sense terminal biasing.  Transfer characteristics of sensors were measured using 

Keithley 4200 semiconductor characterization system. Solution gate transconductance gm-

SG was then extracted by taking derivatives of the data.  

3.2.2 Results and discussion 

We first measured the noise PSD of a fresh fabricated device in “generic I-channel” 

mode under different substrate gate and drain biases (Fig. 3.4) in a dry environment to 

examine its LFN behaviors. In this case, only substrate terminal was applied to gate the 

channel and an inversion layer was formed close to buried oxide (BOX) dielectric in silicon. 
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Fig. 3.4 a) current noise power spectrum density (PSD) with varied VSub obtained 

for I-channel nwFET device, VDrain=50mV, b) Normalized PSD with varied Vsub 

measured in air for I-nwFET device, data extracted at f=100Hz, c) current noise PSD 

with varied drain voltage VDrain, VSub=13V. 
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In Fig. 3.4a, the current noise power SI as a function of frequency with varied VSub is plotted 

together with a dash line of 1/f slope. Here, drain voltage VDrain=50mV was applied to bias 

the device in triode regime. Background white thermal noise has been subtracted from 

measured data. The data indicates a clear 1/fϒ dependence with ϒ value close to 1. The 

noise power was then normalized to drain current power, SI/IDrain
2, as shown in Fig. 3.4b. 

In this figure, representative data were extracted at f=100Hz. Here, we find that normalized 

PSD is inversely proportional to drain current when biased in subthreshold regime. As VSub 

approach threshold voltage and above, the data exhibits a proportionality constant of 

1/IDrain
2. The trend shown here, in linear regime above threshold, is in agreement with a 

number fluctuation model as depicted by equation below: 
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where α is the Coulomb scattering coefficient, μeff is the effective mobility, Cox is the gate 

oxide capacitance, and SVfb is the flat band voltage spectral density [68-69]. In this scheme, 

drain current fluctuations stem from inversion charge population fluctuations near channel-

dielectric interface, arising from a dynamic trapping-detrapping process in BOX dielectric. 

As a result, noise in this regime strongly depends on transconductance, indifferent of drain 

current according to the model. In subthreshold regime, the 1/IDrain proportionality can be 

explained with Hooge mobility model, where volumetric carriers are dominated instead of 

inversion carriers, and mobility fluctuation in bulk transport due to lattice scattering is 

dominate instead of traps near the interface [70]. We also find that the magnitude of noise 

power is proportional to IDrain
2 when the FET device is biased in triode regime as seen in 

Fig. 3.4c, as expected for 1/f noise behavior. As the terminal electrodes (source and drain) 
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were formed by Schottky contacts, the noise from contact terminals, which is usually 

presented as shot or Hooge-like noise may also contribute to overall device noise when the 

channel resistance drops at high substrate voltage biases. In our case, we find the noise 

behavior of nwFET devices at current channel length can be fitted into conventional 

MOSFET device model without concerning about Schottky contacts or tunneling. 

Noise characteristics of same device were then studied in a solution environment by 

introducing DI water onto SU-8 passivated sensor surface in contact with on-chip platinum 

solution electrode (Fig. 3.2a). In solution environment, channel conductance of nwFET 

sensor was controlled by both solution electrode VSG and substrate gate VSub, thus LFN 

could be generated from trapping-detrapping process in both BOX layer and native oxide 

on Si nanowire surface. We analyzed the noise behavior in solution with solution gate 

voltage VSG swept from 0 to 2V with 0.5V interval for each VSub between 3V to 27V. 

Current noise PSD for every combination of VSG and VSub is shown in Fig. 3.5a where each 

color represents a set of data with fixed substrate voltage. As VSG increases, nanowire 

channel close to solution interface becomes more and more inverted, inducing a higher 

overall drain current. Current noise power with VSG=0V and 2V were extracted for 

different VSub as illustrated in Fig. 3.5b. The two curves indicate that for a fixed drain 

voltage and drain current, larger noise is observed when solution gate bias is higher (and 

substrate gate bias is lower). This is because a higher solution bias VSG means that surface 

channel close to solution interface becomes more inverted and traps in the native oxide 

make a larger contribution to the drain current noise. Besides, we observed a distinctive 

“noise peak” near threshold regime in Fig. 3.5a repetitively after fresh devices exposed to 

DI water. This phenomena deviates from data measured in air and cannot be clearly 
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understood by conventional MOSFET models. Based on our studies, we hypothesize the 

noise peak may potentially came from defects in dielectric layer generated by leakage 

current and highly mobile ions during the experiments [71].  

To investigate generic I-nwFET sensor’s SNR properties, gm-SG was measured and 

calculated at biases in accordance with noise experiments. Two sets of representative data 

are shown in Fig. 3.5c. In both high and low solution gate biases, gm-SG increased as VSub 

 

 

Fig. 3.5 a) current noise PSD of I-channel nwFET device with variable substrate 

and solution gate (SG) voltages. Each color represents a fixed VSub, data extracted at 

f=100Hz. b) current noise PSD, c) solution gate transconductance and d) equivalent 

surface potential resolution for I-channel device with solution gate voltage at 0 and 2V. 
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growing and for a fixed IDrain, gm-SG is higher at lower VSG. Although the underlying 

physical process has not been completely studied in this particular case, we hypothesize 

that the difference in gm-SG at fixed drain current is due to different status of inversion 

channel close to solution/nanowire interface under a collective impact of both gates [72]. 

Then we analyzed sensor’s resolution to evaluate its sensing performance, as this parameter 

can be practically extracted by sensitivity and noise level. Here, resolution for FET-based 

chemical and biological sensors in particular is defined as equivalent surface potential 

fluctuation caused by channel noise ΔVSG-eq [67], and written as: 
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where SV-SG is equivalent sensing gate voltage noise PSD, SI is drain current noise PSD, 

and ΔIrms is root-mean-square noise integrated over measured frequency spectrum. 

Calculated data for VSG=0V and 2V were illustrated in Fig. 3.5d. We find that resolution 

is improved as VSG biased at a lower voltage when device operated near and above 

threshold as expected from data shown in Fig. 3.5 b and c. Noticeably, the peak of ΔIrms/gm-

SG occurred at current level ~1nA in consistent with above-mentioned noise peak, which 

indicates a lowest SNR for surface potential induced signal changes. Based on the analysis, 

it appears that linear regime gives the device a better resolution in chemical and 

biomolecule sensing for a generic geometry, and for a fixed drain current, lower solution 

gate bias would substantially improve the resolution. 

As the sensing mechanism of our device in both “generic I-channel” and “T-channel” 

modes are identical, we expect the optimal biasing regime can be translated into T-nwFET 

device. We then focused our comparison of the sensitivity performance between T-nwFET 
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and generic I-nwFETs within this optimal regime. In particular, we pick the biases of both 

gates to be VSG=0V and VSub=20V based on the data shown in Fig. 3.5d.  Drain voltage 

was varied from 50mV up to 2V, and a variable sense terminal voltage was applied for T-

channel device. Drain current for T-nwFET sensor is demonstrated in Fig. 3.6a. Here three 

values of VDrain were chosen, for each fixed VDrain, less current flows out of drain terminal 

as VSense increases. However, the current noise ΔIrms of T-nwFET is very weakly dependent 

on VSense and IDrain (Fig. 3.6b). This suggests that ΔIrms is mainly driven by the buried oxide 

 

 

Fig. 3.6 a) drain current, b) RMS noise, c) solution gate transconductance and d) 

equivalent surface potential resolution of a T-nwFET device biased above threshold 

with variable drain and sense terminal voltages.  
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trap density similar to the case in I-channel instead of determined by T-nwFET operating 

mechanism.  

Different from noise characteristics, the solution gate transconductance gm-SG of the T-

nwFET device follows a more significant trend (Fig. 3.6c). The gm-SG strongly depends on 

VSense and IDrain, having largest value when VSense=0V. Different from noise characteristics, 

gm-SG here must depend on the bias and amplification mechanism of T-nwFET sensor, and 

detailed mechanism need to be investigated with proper numerical modeling of the device. 

The resolution ΔIrms/gm-SG of such T-nwFET sensor under variable biasing conditions is 

demonstrated in Fig. 3.6d in comparison with that of I-channel ones (dash line). For the 

data of I-channel device, it is fair to keep VDrain, VSG and VSub the same as that of T-nwFET. 

During our measurements, we observed that within triode regime, both gm-SG and ΔIrms 

scale with VDrain, and the equivalent surface potential fluctuation ΔVSG-eq holds constant. 

Therefore, we can be confident to choose the data with VDrain=50mV without unfairly 

penalizing the I-channel device. The results from Fig. 3.6d indicate that T-nwFET sensor 

compared with generic I-channel under current geometry has a better resolution, especially 

when sense terminal is biased closer to source voltage. 

3.2.3 Summary 

To sum up, we herein investigated LFN behaviors of our fabricated T-nwFET device 

on SOI substrate in both air and solution environment with gating effects of both substrate 

and solution electrodes. In addition, its chemical and biological sensitivity was scrutinized 

by comparing a correlated parameter ΔVSG-eq= ΔIrms/gm-SG between generic I-channel and 

T-nwFET devices. The LFN measurement data follow a clean 1/f trend, and can be well 
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fitted into conventional carrier number fluctuation MOSFET noise model, leading to a trap-

dominated noise generation mechanism. No Schottky contact dominated noise is observed 

within measurement range. Minimum resolvable surface potential change ΔVSG-eq due to 

intrinsic device noise has been calculated based on measured data. With double-gate effect 

in solution environment, device operated above threshold and with a lower VSG/VSub ratio 

indicates a lowest resolution, thus maximum SNR. This optimal biasing regime was 

applied into our following experimental studies. T-nwFET device in general has better 

SNR compared to I-channel ones. ΔVSG-eq is optimal at VSense near 0V in particular, the 

advantage is gradually diminished as VSense approach the value of VDrain. 

 

3.3 LLOD analytical validations of SELFA platform 

on clinical-relevant biomarkers  

 

The intrinsic noise data in section 3.2 indicate a superior resolution performance of T-

nwFET over I-nwFET devices with proper electrical biases. We expect the LLOD to be 

improved as smaller surface potential change due to the presence of lower concentration 

level of target biomolecules can be detected. Yet the potential boost of LLOD for T-

nwFET-based SELFA platform has not been confirmed upon detection of clinical-relevant 

biomarkers. For the works discussed in this section, we validated SELFA’s analytical 

performances over a range of different biomarkers in terms of lower detection limit. 

Clinical and biological applications of SELFA platform will be covered in chapter 5. 

Paralleled experiments using same sets of biological samples were conducted on generic I-
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channel sensors and gold-standard ELISA platform at the same time. LLODs for these 

assays were quantitated for comparison.  

3.3.1 Detection of human interleukin-1 beta in PBS 

We selected human inflammatory cytokine interleukin-1 beta (IL-1β) as a 

representative cell signaling secretome biomarker for device evaluation purposes without 

losing generality. IL-1β is a well-studied member of the interleukin family of cytokines 

which has an intermediate molecular weight of 17 kDa and isoelectric point (pI) of around 

6.2 [73]. More importantly, IL-1β plays an important role in pathological fibrosis in which 

it is secreted by macrophages receiving toxicants such as engineered nanomaterials 

(ENMs), and is central to the regulation of inflammatory responses including acute 

pulmonary inflammation [74-75]. We immobilized the exposed sensing Si nanowire 

surface of the T-nwFETs in SELFA package with anti-human IL-1β monoclonal antibody 

(mAb) capture probes following immobilization procedures in Chapter 2. To reduce the 

counter-ion screening effect in SELFA, we prepared 0.01x PBS solution with different 

human IL-1β concentrations through serial dilution from a spiked starting concentration of 

2000 pg/mL (C1) to 3.7×10-6 pg/mL (C30).  

We also performed quantitative ELISA according to the kit manufacturer’s 

instructions for same set of samples. After sufficient binding and secondary conjugation, 

we measured the optical density (OD) values at 450 nm using a microplate reader for the 

aforesaid human IL-1 concentration series as shown in Fig. 3.7a. We found the ELISA 

kit’s LLOD to be ~5pg/mL (between C9 and C10), a value which is close to the 

manufacturer’s specification.  
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  The same human IL-1 samples were used to test the performance of our T-nwFET in 

SELFA. In brief, we first introduced the pure 0.01× PBS solution to the T-nwFET sensors 

and measured the respective IDrain as blank-signal levels (IDrain_bl). This was followed by a 

10-minute incubation step, which is substantially shorter than that required in typical 

ELISA, to allow sufficient IL-1 binding with the mAb probes pre-immobilized onto the 

sensor’s nanowire surface. During the incubation, all terminals were electrically floated for 

electrostatic discharge protection [76]. With the solutions in place, we measured the steady-

state drain current IDrain_ss (and steady-state sense current ISen_ss) at few different VSub while 

holding the source, drain and sense terminal voltages (VSrc, VDrain, and VSen) constant. 

 

Fig. 3.7 Evaluation of lower limit of detection of IL-1β. Steady-state calibration 

curve for (a) ELISA and (b) SELFA. 
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Finally, we computed the differences between IDrain_ss and IDrain_bl as |ΔIDrain| (equivalent to 

|ΔGDrain| with constant VDrain) [77], and plotted them against the corresponding human IL-

1 concentrations (Fig. 3.7b). We extracted the LLOD of SELFA’s T-nwFET to be ~10 

fg/mL, which we define here as the concentration that corresponds to the |ΔIDrain| value 

equals to 3 times of the IDrain_bl noise [78]. In addition, we observed the dynamic range of 

SELFA to be around 4-5 orders of magnitude, which could be useful for quantitating 

specimens with wider range of biomolecular abundance.  

We perform all electrical measurements using the Keithley 4200 Semiconductor 

Characterization System. We applied VDrain = 2 V and VSen = 0.8 V to the drain and sense 

 

Fig. 3.8 Generic non-T-shape nwFET sensing response of human IL-1β in 0.01× 

PBS buffer. Measurements were taken on T-nwFET sensors with the source terminal 

floating, and sense terminal grounded. VDrain at 1V and Vsub at 30V were applied. The 

current changes |ΔIDrain| were extracted with reference to IDrain_bl which was measured 

in blank 0.01× PBS solution without IL-1β. 
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terminals, respectively, and grounded the source terminal. We swept the substrate bias Vsub 

from 15 V to 30 V between which the T-nwFET device operates in the linear regime. Prior 

to the introduction of biological samples, we measured the baseline drain current IDrain. 

Experimental results from above shows the SELFA paradigm improved upon the 

LLOD of ELISA by almost 3 order-of-magnitude. This was made possible because the 

attainable output-signal levels in SELFA’s T-nwFET sensors were substantially higher 

than those in generic nwFET sensors. The typical T-nwFET’s |ΔIDrain| was ~170 nA at ~100 

fg/mL of IL-1 (the corresponding drain conductance change |ΔGDrain| is ~85 nS) while 

that of a typical generic nwFET at ~100 fg/mL of IL-6, another cytokine, was ~90 pA (with 

|ΔGDrain| of ~450 pS) [79]. Incidentally, the LLOD of that generic nwFET was ~100fg/mL 

as well, and similar level of LLOD (~400fg/mL) was demonstrated for our own generic I-

nwFET biosensors (see the data from Fig. 3.8). The superior LLOD of T-nwFET in SELFA 

compared to generic I-nwFETs can be partially attributed to the better resolution we 

presented above. 

3.3.2 Time-course measurements of human cardiac troponin I 

and synthetic DNAs 

We also carefully examined SELFA’s sensing performances on human cardiac 

troponin I (cTnI) and synthetic DNA segments using a time-course measurement strategy. 

Human cTnI has been chosen because it is the most relevant biomarkers for onset of many 

myocardial diseases, while detections of DNA hybridization is of great significance to 

many biological fields such as antibacterial drug screening. In this case, all electrical biases 

through contact terminals are fixed, and data was continuously recorded. Both 
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measurement strategies have their practical advantages. Using “sweeping” mode allows 

the analysis of device characteristics with data measured over entire gating range, while 

“sampling” mode has the potential for time-course monitoring of biochemical reactions. 

 

 

Fig. 3.9 Time-course measurement of human cTnI in 0.01x PBS. (a) data measured 

in a time period of ~1500 seconds, and (b) calibration curve generated from data 

measured in (a). 
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A variable concentrations of human cTnI samples were prepared in 0.01x PBS. Similar 

to the procedures above, these samples were incubated and measured on cTnI antibody 

immobilized T-nwFETs in an ascending concentration order. Each analyte sample was 

introduced onto chip surface for a 10-minute incubation with all electrodes floated for 

electrostatic discharge protection [76]. Then voltages were re-applied to the device and 

steady-state data were continuously recorded. Time-course measurement data was shown 

in Fig. 3.9a. For each concentration, two spiked of samples were consecutively introduced 

to sensor surface and measured to check repeatability of the data. We observed that the 

data measured was unstable immediately after electrical biases were turned on and 

stabilized afterwards. Therefore, we recorded the data for over 100 seconds where the 

drifting of the signal is negligible, and averaged last 20 data points of each measurement 

and used them to generate calibration curve in Fig. 3.9b. The LLOD for human cTnI in 

PBS solution was estimated to be ~10fg/mL based on the definition above, similar to that 

of human IL-1. 

Time-course single-strand DNA measurements were conducted following same 

procedures. T-nwFET biosensors on SELFA chip were pre-immobilized with 5’amino-

linked oligonucleotide capture probe (17 nucleotides) and different concentrations of 

synthetic DNA target segments (31 nucleotides) were measured to generate a calibration 

curve. The genetic sequence of capture probe is 5’-F-CTCTTGAGACTTGGTAT, with the 

target segment genetic sequence as 5’-AATGAACCGTGAGGCTTAACC 

TTACAACGCC. Hybridization of target DNA segments to capture probes resulted in 

accumulation of negative charges in sensor surface, and the current changes produced were 
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recorded as shown in Fig. 3.10. The results showed a LLOD between 1-10 fM from time-

course measurements, and the signal saturated at a concentration of ~100pM.   

 

Fig. 3.10 Time-course measurement of single-strand DNA segments. (a) data 

measured in a time period of ~2500 seconds, and (b) calibration curve generated from 

data measured in (a). 
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Using a time-course measurement strategy, we successfully demonstrate sensitive 

detection of human cTnI binding to its monoclonal antibodies and DNA hybridization 

processes. The LLODs of both types of biomolecules are at similar levels to that of reported 

IL-1 measured with substrate voltage sweeping mode. In practice, both schemes, 

sweeping and time-course measurements can be used for target biomolecule detection. 

Data recorded from sweeping mode provides complete information of device transfer 

characteristics, and can be used to extract parameters such as threshold voltage shift. For 

time-course measurement, signal change as a function of time can be recorded, and can be 

potentially used to analyze real-time biological interactions. 

3.3.3 Summary 

The biosensing experiment using SELFA platform with integrated T-nwFET 

biosensor array has demonstrated ultrasensitive signal responses to a variety of charged 

biomolecules and can be potentially developed into a universal biomolecular sensing 

platform. The LLOD for data presented in the section have LLOD around 10 fg/mL or 1-

10 pM range, with tens of nA drain current response at these concentration levels. SELFA 

platform outperformed conventional ELISA in terms of LLOD by almost 3 order-of-

magnitude according to our experiments on analytical samples. 

 

3.4 Conclusion 

 



62 

In this chapter, we investigated both signal and noise perspectives of generic I-nwFET 

and T-nwFET devices by measuring their LFN behaviors and solution-gate 

transconductance characteristics. The results were used to help understanding physical 

properties of such device and biasing at optimal regime based on the SNR behaviors. The 

results show that an optimal resolution was achieved when device is biased in linear regime 

with Vsub higher than threshold voltage and with a higher Vsub/VSG ratio. The SNR 

performance measured from T-nwFET device is better than that of generic I-channel device. 

 Sensitivity performance of SELFA platform upon detection of several biomarkers in 

analyte solution has been examined, T-nwFET biosensor outperformed generic I-channel 

devices in LLOD and SNR parameters. The novel platform shows superior LLOD over 

conventional ELISA labeling technique.   
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Chapter 4  

Selectivity improvement of affinity-based 

bimolecular assays and SELFA validation  
 

 

 

 

4.1 Introduction 

 

Selectivity is another hallmark in addition to sensitivity in analytical chemistry to 

evaluate chemical and biological sensors performances. It describes the extent to which 

other substances interfere with the determination of a substance [80]. For biomolecular 

assays, this selectivity of a biosensor affects the diagnostic specificity of the assay, which 

is its ability to correctly identify a person who do not have the disease in question [81]. As 

a non-selective biosensor would potentially produces a positive results when the sample is 

truly negative. The diagnostic specificity of an assay platform is of equivalent importance 
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as sensitivity, as it reflects how accurate biological samples are measured. In common 

affinity-based bioanalytical and medical diagnostic platforms, highly specific detection of 

biomolecules is accomplished based on either antigen-antibody specific bindings or 

complementary nucleic acid hybridizations. There usually exists, however, an appreciable 

amount of nonspecific or low-affinity binding events with interferents [82-83] that 

compromises the biosensing performance, especially with low abundance of target 

molecules.  

Non-specific binding (NSB) can occur via two major processes: (i) non-specific 

adsorption of interferents onto the sensor surface without immobilized capture probes; (ii) 

cross-reactivity of the interferents with the specific capture probes. In the first case, 

chemical-based surface blocking methods have been widely adopted to prevent random 

fouling and related “false positive” signals. For silicon nwFET biosensors with hydroxyl 

terminated surface, we use PEG to passivate non-reacted functional groups. The effect was 

examined using fluorescent microscopy. Selectivity of T-nwFET biosensors with specific 

capture probes and PEG passivation were then quantitated in analyte samples containing 

both target biomolecules and interfering species [41].  

In the case NSB caused by cross-reactivity, the problem is less pronounced in labeling 

platforms, as the two-step specific binding could suppress NSB substantially. The first step 

is to use capture probe to bind target biomolecule. In second step, a highly specific 

secondary probe with labels are introduced to conjugate with bound target-probe complex. 

Label-free assays however do adversely affected by this issue, especially in a complex 

solution, such as human plasma, where background protein concentration dominates over 

the amount of target biomolecules, and many of these biomolecules can cross-react with 
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capture probes. To reduce NSB caused by cross-reactive interferents, several approaches 

have been adopted in practical bioanalytical assays. One method widely used in detection 

of nucleic acid hybridizations is to selectively multiply the quantity of the detected 

molecules using the polymerase chain reaction (PCR) [84]. Another method is to 

selectively amplify the signals transduced from the biomolecules like their electronic 

charges after specific binding such as the enzyme-based electrochemical detection [85]. 

These two methods increase specificity of the sensing signals by selective amplifying 

targets. A third way is to improve affinity of the binding between capture probe and targets, 

either using high-affinity receptors [86] or a sandwiched conjugation (e.g. ELISA).In the 

works discussed below, we studied transient behavior of the reversible binding process 

with the co-existence of interfering species, and proposed a transient methodology to 

differentiate this NSB based on real-time signals measured in non-equilibrium states and 

improve sensors selectivity [87]. 

The above mentioned two main aspects caused by random fouling and cross-reactivity 

that adversely impact the selectivity of affinity-based assay platforms have been addressed 

in this chapter, with theoretical and experimental efforts. 

 

4.2 Surface passivation and selectivity validation of 

SELFA platform 
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4.2.1 Surface passivation and selectivity validation of SELFA 

platform 

Random fouling caused by background molecules attached to sensor surface is 

detrimental factor to sensors performances. The bound nonspecific molecules could 

prohibit specific binding of target species on the same spot, and/or contribute “false 

positive” signals. As a result, both specificity and LLOD are degraded since the randomly 

fouled nonspecific biomolecules could also fluctuate in numbers. Suppression of random 

fouling is usually implemented from two approaches. One is to eliminate/degrade potential 

interfering species by pre-treatments to analyte samples such as filtration [88], another is 

to block sensing surface to minimize their fouling on the surface. Both alternatives can be 

conducted together based on the demand, however, in the following work, we focused on 

suppression of random fouling from sensor perspective with proper surface modifications. 

Bovine serum albumin (BSA) and poly(ethylene glycol) (PEG) are two widely used 

biomolecules and chemical species to impart large-area surfaces with protein and cell 

resistance. The passivation behavior of BSA and the underlying physical process have been 

closely investigated [89]. However, using BSA as a blocking reagent in nwFET biosensors 

are potentially troublesome from two aspects: first, BSA is relatively large molecules with 

MW over 66 kDa. Attachment of BSA on surface could result in heterogeneous surface 

and the large size could affect the transport and binding of target biomolecules. Secondly, 

the charged BSA in aqueous environment would threat detection of low-abundance species 

as it would add on extra electrical noise due to variations in number.  
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On the other hand, PEG is a single-chain organic molecule with variable chain lengths 

(from several hundred Da to tens of kDa). When presenting in buffer solution, PEG 

molecules are mostly charge-free except the functional group used to react with surface 

sites. Therefore, using PEG as a surface blocking reagent would be preferable in 

consideration of sizes and charges. The resistance of PEG to biomolecules with varying 

size and derivatives have been both theoretically and experimentally studied [90-93]. Yang 

et al. [91] has reported a molecular weight-dependent formation of surface monolayer, self-

assembled monolayer (SAM) with smaller MW of PEG tends to has larger surface variation, 

while larger-MW PEG would give a more homogeneous surface with less roughness. 

Besides, Lee et al. [94] successfully demonstrate PEG passivation of silicon oxide surface 

to selectively immobilize antibodies. 

To improve selectivity of T-nwFET in complex solution environment, we adopted 

short chain amine-PEG molecules (MW=750 Da) as a blocking reagent to passivate 

unreacted aldehyde group as mentioned in chapter 2. The effectiveness was firstly examine 

on a hydroxyl terminated silicon substrate using fluorescent microscopy. The substrates 

were chemically treated following same procedures as above-mentioned in chapter 2. In 

brief, two piranha solution cleaned substrates were treated with APTES and glutaraldehyde 

solution in series. The SAM layer with aldehyde group was grafted with interferon-alfa 

(IFN-α) antigen. Then one of the substrate was coated with amine-PEG solution for 2 hours 

to block unreacted aldehyde sites. Allophycocyanin (APC)-labeled monoclonal IFN-α 

antibodies were applied to let them bind to the antigens. The substrates were then examined 

under fluorescent microscope, and amount of APC-labeled antibodies bound to substrate 

was quantitated by fluorescent optical intensity, as shown in Fig. 4.1. A third substrate 



68 

without any treatment was also shown as a negative control. The averaged optical 

intensities from three substrates were plotted in Fig. 4.2. We observed a drastic reduction 

in fluorescent intensity on surface with PEG passivation versus that without. 

The results here indicate that PEG passivated silicon oxide surface can effectively 

suppress random fouling of biomolecules on top. 

4.2.2 Selectivity validation of SELFA platform 

Next, we examined the selectivity of SELFA platform by measuring signal responses 

in analyte solution with both target biomolecules and interferents. Continued to our 

analytical validations on sensitivity, we used IL-1β immobilized T-nwFET sensors to 

evaluate any cross reactivity with interferents that might lead to false-positive or inaccurate 

results. As a comparison, same set of reagents were tested on conventional gold standard 

ELISA. In our experiment, we then selected three representative and biologically relevant 

interfering molecules with respect to the human IL-1β target. The first was mouse IL-1β 

due to its structural similarity to the target and thus potentially high cross reactivity with 

 

Fig. 4.1 Fluorescent microscopy images comparing the effectiveness of PEG 

passivation in suppressing non-specific surface adsorption of antibodies. 
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the anti-human IL-1β mAb capture probes. The second was human IL-8 in the same 

interleukin family which molecular weight of 11.1 kDa is similar to human IL-1. The 

third molecule was bovine serum albumin (BSA) which is an abundant protein with low 

cross reactivity.   

  We prepared 0.01× PBS solutions of each of the three interferents at two 

concentrations (i.e., 10 and 100 pg/mL), as well as the human IL-1 calibration standards 

of the same concentrations. We followed the aforementioned ELISA and SELFA 

procedures and collected the cross reactivity results as shown in Fig. 4.3a and b. For ease 

of comparisons between ELISA and SELFA, we normalized all the measured interferent 

responses with respect to that of human IL-1 of identical concentrations. Also, it is worth 

noting that the SELFA responses should be positive for mouse IL-1 and BSA since the pI 

values of both molecules (4.56 and 4.7, respectively, signaling-gateway.org) are below the 
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Fig. 4.2 Normalized fluorescent intensity extracted from images shown in Figure 5 

using ImageJ. 
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pH value of 0.01× PBS solution (~7.4); conversely, the SELFA response should be 

negative for human IL-8 due to its pI value (9.1, signaling-gateway.org). 

With 100 pg/mL of interferents (i.e., mouse IL-1, human IL-8, or BSA), we observed 

almost equivalent selectivity between ELISA and SELFA, with averaged responses in 

absolute amplitude being 16.74% and 11.78%, respectively. At interferent concentration 

of 10 pg/mL, approaching the ELISA’s LLOD, ELISA generated an average response of 

62.50% and thus became incapable of differentiating between interferent and target 

molecules. On the contrary, SELFA still maintained its fidelity yielding an average 

response of 12.15%. 

To sum, the label-free SELFA using highly specific mAb anti-human IL-1 as capture 

probes exhibits comparable analytical selectivity versus the labeling-based ELISA. In 

 

 

Fig. 4.3 Measured interferent responses for a, ELISA, and b, SELFA normalized to 

that of human IL-1β at the same concentration for two interferent concentrations – 10 and 

100 pg/mL. 
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addition, in the concentration range close to and lower than LLOD of ELISA, selectivity 

of ELISA degrades while selectivity of SELFA holds at same level, improved selectivity 

level of our SELFA platform at low target biomolecule concentration regime. 

 

4.3 Transient measurement approaches to improve 

selectivity in affinity-based bioanalytical assays 

 

We herein first examine the transient and equilibrium affinity-based binding processes 

based on the fundamental Langmuir formulation [95-96] with the co-presence of target 

molecules and interferents. Deviations from ideal transient binding behaviors are observed 

as expected. More importantly, we are able to identify a unique parameter set to describe 

the competitive binding process for a given mixing ratio of target molecules and 

interferents. Based on that, we propose transient measurement approaches to quantitate the 

true target molecule concentration as well as the NSB interferent amount. Detail treatments 

of these approaches were separately discussed depending on whether the interferents may 

or not contribute a signal comparable to that of the target molecules. Finally, we attempt to 

correlate the ability to differentiate NSB with the intrinsic sensitivity of the bioanalytical 

assay. 

4.3.1 Modeling approach 
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Our model system is a planar sensing surface with immobilized capture probes above 

which the analyte species are introduced (Fig. 4.4). To examine the basic kinetics of the 

competitive binding process, we have employed the Langmuir isotherm formulation 

together with the following assumptions. First, no diffusion-limited or other analyte 

transport effect to the sensing surface is considered. Second, the analyte concentrations (for 

both target molecules and interferents) near the sensing surface are assumed to remain 

constant during the binding reactions, be independent of surface geometry, and be treated 

the same as the bulk fluid concentrations. It is noted that the second assumption is rather 

common and has been adopted in previous studies [97-98].  

For evaluating the transient and equilibrium binding status of the immobilized probes 

(captured with either target molecules or interferents), we have chosen the fractional 

occupation of these surface probes Θ as the metric that has a value between 0 and 1. As 

 

 

Fig. 4.4 Schematic illustration of the competitive binding process between the target 

molecules (T) and interferents (I1, I2, and I3) for the same capture probes (P) 

immobilized on a planar sensing surface. 
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also known as the surface coverage, the use of Θ allows binding analyses to be performed 

without limiting to a particular biosensing signal transduction platform such as SPR and 

FET. Moreover, these Θ values are readily correlated to the actual transduced signal levels 

in practical immunoassays via proper pre-calibration. 

 

 

Fig. 4.5 Computed transient surface coverage of the surface immobilized TNF  probes 

due to competitive binding between the D2E7 targets and 2SD4 interferents. ΘT(t), 

ΘI(t), and Θ(t) are respectively the fractional coverage for D2E7, 2SD4, and their sum. 

The coverage of TNF probes due to the ideal sole presence of D2E7 targets is also 

included for comparison. 
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At the sensor surface, the formation of immunocomplexes (TP) due to binding 

between target molecules (T) and immobilized captured probes (P) can be modeled as a 

reversible second-order immunoreaction  

aT

dT

k

k
T P TP                              (7) 

where kaT is the association- (or on-) rate constant and kdT is the dissociation- (or off-) rate 

constant. The ratio of these rate constants is further defined as the equilibrium constant KT 

 kaT/kdT. Following the law of mass action in modeling transient binding, the rate of change 

of surface coverage for monovalent target molecules and receptors is expressed as 

 
   1

T

aT T T dT T

d t
k C t k t

dt


                            (8) 

where CT is the concentration of target molecules T near the sensing surface. The analytical 

solution of Eqn. (2) is expressed as  

  ( )
1 aT T dTk C k taT T

T

aT T dT

k C
t e

k C k

     
                       (9) 

Since various forms of the same solution have previously been derived [97-98], we do 

not go into details here but instead summarize the key implications relevant to our analyses. 

First, ΘT(t) is approximately equal to unity, or all the capture probes are saturated, when 

CT >> 1/KT. When CT << 1/KT, ΘT(t)  KTCT that the surface coverage changes linearly 

with the analyte concentration. Second, since the theoretical time to reach equilibrium is 

infinity with a characteristic time of (kaTCT + kdT)-1, a more practical quasi-equilibrium 



75 

value ΘT,qe = ΘT(tqe)  0.99ΘT() is chosen that corresponds to 99% of the equilibrium 

coverage ΘT(). The time to reach such quasi-equilibrium is denoted as tqe. 

In the co-presence of targets (T) and n different interferents (I1, I2, …, In) as depicted 

in Fig. 4.4, Eqn. (8) can be modified to account for the transient surface coverage for the 

targets T and the j-th interferents Ij, respectively, as 

1

(1 )
j

n
T

aT T T I dT T

j

d
k C k

dt 


                             (10) 
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k C k
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                          (11) 

where subscripts T and Ij denote the corresponding quantities for the targets and the j-th 

interferents, respectively. Both equations take into account the kinetics of competitive 

binding between targets and interferents for the same surface probes. 

In modeling a practical immunoassay setting, the introduction of analyte species (targets 

with interferents) at t = 0 is considered. Assuming the existence of only one usually 

dominating interferents (I) that exhibit the highest cross-reactivity with the specific capture 

probes [99-101], the coupled differential equations (10) and (11) can be solved using 

Laplace transform by applying the initial conditions ΘT(0) = ΘI(0) = 0 and are expressed 

as 

  [ ]SF ttaT T F s dI F dI S
T dI

F S F s F S

k C k k
t k e e

   

     

  
   


                   (12) 
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Moreover, the equilibrium coverage for the targets and interferents are respectively 

expressed as 
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where KI  kaI/kdI is the ratio of the interferents’ binding rate constants with respect to the 

same specific probes (P). It is noted that Eqns. (12) and (13) were previously reported in 

part [102-103] and the extension here facilitates our transient and equilibrium binding 

performance evaluation.  

It is generally true that the targets’ binding rate constants (kaT and kdT) are different 

from those of the interferent (kaI and kdI). To facilitate our subsequent competitive binding 

analyses, we define an effective interferent concentration CIeff  KICI/KT and thus the total 

effective analyte concentration Ceff  CT + CIeff that will be used when dealing with the 

equilibrium coverage according to Eqns. (14) and (15). We further define a dimensionless 

quantity   CIeff/Ceff that specifies the fraction of interferents out of the total effective 



77 

analyte concentration. Both target and interferent concentrations are thus respectively 

expressed as CT = (1)Ceff and CI = (KT/KI)Ceff.  

4.3.2 Qualitative initial transient behavior with NSB 

In practical immunoassays to detect specific targets T in complex solutions with 

interferents I, the commonly extracted equilibrium surface coverage Θ() is indeed the 

sum of ΘT() and ΘI(). According to Eqns. (14) and (15), both quantities are determined 

by the products KTCT and KICI. When KICI becomes substantial and comparable to KTCT 

due to either a very high interferent background concentration CI or cross-reactivity KI, the 

overall detection specificity of the immunoassays would be inherently compromised. Since 

there exists a unique analytical solution to ΘT(t) and ΘI(t) for any given combination of CT 

and CI, we propose the following transient measurement approaches to track any deviation, 

quantify NSB, and extract the true CT. 

Without losing generality, we have focused on the immunoreaction kinetics between 

human monoclonal antibodies (MAbs) to their antigen, human tumor necrosis factor- 

(TNF) [104] in our analyses. In other words, antibodies with clone number D2E7, 2SD4, 

and TNFfrom literature are respectively our T, I, and P with association and dissociation 

rate constant values kaT  5105 M-1s-1 and kdT  510-5 s-1, and kaI  7.5105 M-1s-1 and kdI 

 1.510-3 s-1. We have further chosen the target and interferent concentrations CT = 2.2 

nM and CI = 4 nM such that the unitless products KTCT and KICI respectively become 22 

and 2. The computed transient surface coverage for target molecules ΘT(t), interferents 

ΘI(t), and their sums Θ(t) are plotted in Fig. 4.5. The ideal transient behavior with the sole 

presence of target molecules ΘT-ideal(t) is also included for comparison. It should be noted 
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that these computed transient responses are rather representative and closely resemble 

many published experimental results [100, 103-104]. 

In the first 2000 seconds, Θ(t) rises much faster than ΘT-ideal(t) owing to an increase in 

the available analyte concentration (from CT to CT + CI) for competitive binding with the 

same capture probes. The increased number of adsorption events are in fact predominately 

with the NSB interferents via kaICI(1ΘTΘI), during when any dissociations are negligible. 

At the same time, the specific target binding ΘT(t) is correspondingly suppressed versus 

ΘT-ideal(t) due to a reduced number of vacant probes. 

Further insights can be gained by tracking the ΘI(t) response which initially rises 

(Stage I) and then drops (Stage II) as shown in Fig. 4.5. The rise in Stage I is alluded to a 

large adsorption rate kaICI and a small overall surface coverage. Because the interferents’ 

dissociation rate constant kdI is typically a few orders of magnitude larger than kdT, ΘI(t) 

would reach a peak while ΘT(t) keeps rising. In other words, ΘI(t) migrates into Stage II 

with more desorption events than adsorption owing to an increased immunocomplex (i.e., 

IP) concentration or reduced probe density. This drop in ΘI(t) in turn compensates the rise 

in ΘT(t) and thus flattens the total coverage Θ(t) well within Stage II.  

These transient analyses are in fact able to separately handle the following two classes 

of interferents. When the interferents contribute a signal comparable to that of the target 

molecules (e.g., in FET biosensing with charged interferents), the immunoassays should 

follow the Θ(t) behavior exhibiting a rapid initial signal increase. When the interferents are 

not signal-contributing (e.g., in molecular mass-sensitive SPR-based biosensing [103]), the 

ΘT(t) behavior should be alternatively discerned with a delayed initial signal increase 

against ΘT-ideal(t). Moreover, an extended time to reach quasi-equilibrium tqe is commonly 
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observed with NSB, whether signal-contributing or not, due to a smaller coefficient S 

which dominates the transient responses according to Eqns. (12) and (13). For instance, tqe 

are respectively ~4,000 s and ~12,400 s for target molecules without (i.e., ΘT-ideal(t) in Fig. 

4.5) and with interferents (i.e., Θ(t) in Fig. 4.5), which constitutes an over 3-fold difference. 

Furthermore, the qualitative transient behaviors with varying  and Ceff are illustrated 

in Fig. 4.6. With a low effective concentration Ceff = 10 pM, a more rapid initial Θ(t) rise 

is observed when  is increased from 0.1 to 0.3 (Figs. 4.6(a) to (c)) due to an increased 

 

Fig. 4.6 Effects of varying interferent fraction  and total effective analyte concentration 

Ceff on the transient surface coverage of the TNF capture probes. (a)-(c) The surface 

coverage with  = 0.1-0.3 at Ceff = 10 pM. (d)-(e) The surface coverage with Ceff = 100 

pM and 1 nM at  = 0.2. (f) Illustration of the NSB differentiation principle by 

comparison of the practical scenario (with > 0) with the ideal transient curves (with 

= 0). 
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adsorption of interferents. The previously observed ΘI(t) drop from the peak value in Stage 

II is, however, absent since the total surface coverage is very low throughout and thus has 

a minor effect in slowing down the interferents’ adsorption. When larger Ceff values of 100 

pM and 1 nM are considered at a fixed = 0.2 (Figs. 4.6(b), (d), and (e)), more rapid initial 

ΘI(t) and Θ(t) rises are apparent and the ΘI(t) peak reemerges as explained before. 

By tracking the deviation of practical transient immunoreaction behaviors from the 

ideal case (i.e., = 0), NSB could in principle be qualitatively differentiated. Shown in Fig. 

4.6(f) is an example in which NSB (i.e., > 0) is readily detected with a deviation either 

during the initial rise or in quasi-equilibrium. The transient measurement approach is 

highly practical for immunoassays such as FET biosensors with which time-course 

measurements can be easily taken. By comparing with the properly pre-calibrated ideal 

transient response, the presence of NSB should be discernable with an extended tqe as well. 

4.3.3 Quantitative initial transient analyses with NSB 

As elaborated in the previous section, any appreciable competitive NSB would induce 

either a tqe extension or Θ(t) deviation versus the ideal NSB-free baseline. One should thus 

be able to employ transient measurements to differentiate NSB especially for label-free 

immunoassays. The rationale behind is that the fundamental transient behavior for every 

{CT, CI} combination is distinctive according to Eqns. (12) and (13). In other words, it is 

not possible for two different {CT, CI} combinations to simultaneously possess the same 

initial (quasi-)linear transient Θ(t) and equilibrium coverage Θ() as illustrated in Fig. 

4.6(f). 
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Our first NSB quantification strategy is based on the initial (quasi-)linear slope of the 

measured Θ(t) (and ΘT(t)) responses. Since the exponential terms inside Eqns (12) and (13) 

can be approximated to be linear using the first-order Taylor expansion when t  0, the 

total surface coverage by both targets and signal-contributing interferents (SCI) becomes 

         1T I aT T aI I aI T efft t t k C k C t k K C t                       (16) 

 

Fig. 4.7 (a)-(b) Illustration of the same initial surface coverage Θ(t) slope for samples 

with different combination of interferent fraction  and total effective analyte 

concentration Ceff for signal-contributing interferents (SCI). (c) Computed deviations of 

the practical transient coverage (with  > 0) from the ideal case (with  = 0) for (a), 

plotted as a function of  and at selected sampling time points for subsequent calibration 

uses. The error bars indicate a measurement resolution (or ‘sensitivity’) of 1 pM. 
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when 1 1,F St    . Applying the same set of rate constants for D2E7 and 2SD4 versus TNF, 

one can readily come up with multiple {Ceff} combinations that yield the same initial 

Θ(t) slopes as depicted in Figs. 4.7(a)-(b). It is important to note, however, that the  value 

corresponding to each Ceff value of interest is distinctive. Besides, the {Ceff} traces tend 

to deviate more and more from the ideal cases (i.e., = 0) as time progresses, and such 

deviations can in turn be utilized to uniquely quantify the degree of NSB as discussed 

below. As an example, the deviations extracted from Fig. 4.7(a) are plotted against  in 

Fig. 4.7(c) as the calibration curves. 

For practical NSB differentiation and thus quantification, we propose the following 

transient measurement procedures in sequence: 

1) Continuously sample the surface coverage especially during the initial quasi-linear 

stage 

2) Construct a theoretical NSB-free transient coverage curve that matches the sampled 

quasi-linear slope to extract the Ceff value with  = 0 based on Eqn. (16) 

3) Calculate the deviation between the sampled and theoretical curves at few selected 

time points 

4) Look up the  value corresponding to the calculated deviations using the calibration 

curve, e.g., Fig. 4.7(c), and compute the true CT value as (1)Ceff 

Any experimentally sampled transient surface coverage from Step 1 can be imagined 

to resemble one of the curves with  ≥ 0 in Figs. 4.7(a) or (b). As a result, the deviation 

Θ extracted at any given sampling time point from Step 3 can be mapped to obtain the 

interferent fraction  in Step 4. 
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Upon closer examination of Fig. 4.7(c), two very important implications can in fact be 

drawn. First of both, the Θ values tend to increase and saturate more so with a lengthened 

sampling period (e.g., from 300 to 900 s) at any given . The experimental error in NSB 

quantification can thus be reduced by sampling after a longer waiting period. The second 

implication is related to the slope (dΘ/d)which determines the NSB quantification 

accuracy. For any given measured Θ amount, a steeper slope (e.g., with < 0.1 in Fig. 

4.7(c)) would mean a smaller error in the  extraction. In addition, the attainable selectivity 

(or  determination accuracy) is generally correlated to the bioanalytical assay’s sensitivity, 

that is manifested as the uncertainty in Θ(t) and Θ measurements. As illustrated in Fig. 

4.7(c), a 1 pM Θ resolution may not be sufficient for differentiating interferents when > 

0.1 or with sampling period shorter than 300 s. 

For non-signal-contributing interferents (non-SCI), a similar initial linearity is also 

evident according to Eqn. (6) when 1 1,F St      

 T aT Tt k C t                          (17) 

One can again identify several {CT} traces having the same initial ΘT(t) slopes as shown 

in Figs. 4.8(a)-(b). This observation can be generally understood based on the fact that 

solution mixtures with the same CT and varying degree of NSB could possess the same 

initial association speed as in the ideal case. Meanwhile, the immunocomplex dissociation 

effect is negligible albeit a large kdI owing to the rather low surface coverage. As a result, 

the transient measurement procedures described above for SCI can be largely adopted for 

non-SCI as well. 
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The proposed procedures are very useful when the interferents cannot be easily 

fractionated or eliminated from the solution mixture containing target molecules due to 

similar physical or chemical properties. Any corresponding sample pretreatment time can 

also be reduced. Moreover, the total time to result can be appreciably shortened because 

reaching equilibrium is no longer necessary. This time saving is particularly important 

since the extended tqe can be as long as several hours for low concentration detection. 

Despite the advantages elaborated above, the suggested approach has some limitations 

in practical settings. In detecting target molecules either with high dissociation rate 

constant kdT (e.g., > 10-3) or at high concentration CT, the initial quasi-linear stage can be 

as short as tens of seconds. When CT is alternatively very low, the Θ(t) signal generated by 

the very few initial binding events and thus Θ could be overwhelmed by the assay’s 

 

Fig. 4.8 (a)-(b) Illustration of the same initial surface coverage Θ(t) slope for samples 

with the same target analyte concentration CT and different interferent fraction  for 

non-signal-contributing interferents (non-SCI). 
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background noise. Both of these situations might in turn compromise the efficacy of the 

approach. 

It should be noted, however, that similar curve fitting strategies are routinely employed 

in biological research and diagnostic practices [107-108]. Moreover, the initial transient 

data are readily captured using for instance electronic biosensors, which sampling period 

and frequency can be easily increased. If multiple samplings are not feasible in certain 

bioanalytical assays, an alternative approach that requires only two total samplings can be 

considered as described in the next section. 

4.3.4 Coupled transient-equilibrium approach to differentiate 

NSB 

Our second NSB quantification strategy begins with the measured equilibrium surface 

coverage Θ(). By addition of Eqns. (14) and (15), the total equilibrium coverage due to 

both targets and SCI can be derived as  

     
1 1

T effT T I I
T I

T T I I T eff

K CK C K C

K C K C K C


       

  
                   (18) 

After substitution of Ceff and  into CT in Eqn (12), CT can be further expressed as 
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K

  


 
                      (19) 

While Θ() is uniquely related to Ceff, there exist multiple {CT, CI} combinations with 

varying degree of  that could give rise to the same Θ() value. On the other hand, each 

of these mixtures exhibits a transient response Θ(t) that is distinctive of the respective 
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Fig. 4.9 (a) Illustration of the different transient surface coverage for mixtures with 

different interferent fraction  but the same total effective analyte concentration Ceff for 

signal-contributing interferents (SCI). (b)-(c) Deviations of the practical transient 

coverage (with  > 0) from the ideal case (with  = 0) for Ceff = 1 nM and 10 pM. (d)-

(e) Computed deviations extracted from (b) and (c) versus  at selected sampling time 

points for subsequent calibration uses. 
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interferent fraction. The phenomenon is illustrated in Fig. 4.9(a) for mixtures with the same 

Ceff (or Θ()) but different  values computed using the same set of rate constants for D2E7 

and 2SD4 versus TNF. Therefore, the interferent fraction  of a given mixture can in 

principle be determined via multiple samplings of the transient surface coverage deviation 

Θ(t), similar to the first NSB quantification strategy. The transient deviations versus the 

ideal Θ(t) with  = 0 computed for two different Ceff are shown in Figs. 4.9(b) and (c). 

Upon closer examination of either Fig. 4.9(b) or (c), one can further identify that the 

maximum deviation Θmax for all values of  occurs around an identical time tmax which is 

specific for a given Ceff value. Since the deviation amount Θ directly corresponds to the 

respective  at any given time point, a maximum detection selectivity can thus be attained 

by sampling the experimental deviation once and at around tmax regardless of the interferent 

fraction. In this second NSB quantification strategy, therefore, only two total samplings are 

needed including a transient one near tmax (although needs not to be exact) and the other at 

equilibrium Θ(). 

To facilitate the  quantification strategy presented below, Θ(t) are extracted at 

selected time points from Figs. 4.9(b) and (c), and respectively plotted against  in Figs. 

4.9(d) and (e) as the calibration curves. Generally speaking, these deviation amounts are 

larger than those involved in the first NSB quantification strategy such that an intrinsically 

better overall selectivity can be expected. Even though the total time to result in this second 

approach is longer than the first one, it eliminates the need of time-course signal tracking 

such that a wider variety of bioanalytical assays can take advantage of it. 
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Since the optimal sampling time tmax can never be accurately predicted upfront in 

practice, we hypothesize a feasible measurement protocol as summarized in Fig. 4.10. The 

Ceff value is initially guessed before the entire measurement to estimate the transient 

sampling time test based on prior calibration. Two samplings, at test and tqe, are sequentially 

 

Fig. 4.10 Proposed measurement protocol for the second NSB quantification approach 

featuring only one transient and one equilibrium surface coverage sampling.  
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performed to obtain Θ(test) and Θ() for derivation of Ceff and tmax. If the initial test is not 

substantially different from tmax, no more measurement will be needed. The  value can 

then be mapped out using the calibration curves, such as those shown in Fig. 4.9(d) or (e), 

to compute the true target concentration CT using Eqn. (19). Even if the initial test turns out 

to be off, the proposed approach should still be able to differentiate NSB albeit without the 

maximum selectivity. If the maximum selectivity becomes mandatory, the measurement 

protocol can be partially repeated to only extract the transient deviation at tmax (Fig. 4.10) 

followed by the same  and CT computation. 

In analyzing solutions with low analyte concentration (e.g., Ceff < 10 pM) the extracted 

Θ(t) as well as Θ might reach the assay’s limit of quantitation (LOQ). Assuming an LOQ 

of 1 pM, the minimum resolvable Θ is about 0.01 that can hardly differentiate NSB, for 

example, in a mixture with  < 0.1 as illustrated in Fig. 4.9(e).  

For non-SCI, since the equilibrium target coverage ΘT() depends on the target-probe 

binding and is thus suppressed by the simultaneous competitive binding of NSB, Eqn. (19) 

loses its generality. The first quantification approach or other strategy should instead be 

considered. 

4.3.5 Transient analyses in dilution process and NSB 

differentiation approach 

In the scenarios when target molecule concentration is high or when initial transient 

response is prompt such that measurement during initial transient stage is impractical or 
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inaccurate, we propose a third approach based on the signal response during a dilution 

process after signals reach an initial equilibrium state. 

The post-dilution responses are examined using the data extracted from the 

immunoreactions of the wild-type human tumor necrosis factor-α (TNFα) against its 

antagonist infliximab, while the mutant Y141G is the interferent species [99]. The 

corresponding experimental reaction rate constants are listed in Table 4.1 and the computed 

transient surface coverage Θ(t) curves are shown in Fig. 4.11(a). At t = 0, undiluted 

complex solutions having the same Ceff but different interferent fraction α are introduced. 

As magnified in Fig. 4.11(a) inset, very fast initial rise in Θ is observed for larger α values 

Table 4.1 The antibody capture probes (P), target antigens (T), and interferent 

antigens (I) employed in this study. Also shown are their respective association rat 

constants (ka), dissociation rate constants (kd), and equilibrium constants (K = ka/kd). 

Antibody 

Capture Probe 
Antigens ka (M-1s-1) kd (s-1) K-1 (M) 

Infliximab82 

Wild-type human 

TNFα 
5.70 × 104 1.10 × 10-4 1.93 × 10-9 

Y141G mutant 3.90 × 104 3.31 × 10-3 8.53 × 10-8 

pepMHC 

SIYR/K 

monomer17 

Single-site mutant T-

cell receptor S51αA 
5.15 × 105 8.00 × 10-3 1.55 × 10-8 

Double-mutant T-cell 

receptor S51αA/Y48βA 
1.36 × 105 7.60 × 10-2 5.59 × 10-7 

 



91 

 

 

Fig. 4.11 (a) Computed transient surface coverage of the surface immobilized 

infliximab probes due to competitive binding between the wild-type human TNFα 

targets and Y141G mutant interferent for different interferent fraction α, assuming a 

pre-diluted Ceff of 1 μM. After an incubation time t0 of 16×103 s, a 103-fold dilution was 

applied. The inset shows the initial transient surface coverage. (b) Computed deviations 

of the post-dilution surface coverage (with α> 0) from the ideal case (with α = 0) at 840 

s after dilution, plotted as a function of α and for different pre-dilution incubation time 

t0. (c) Post-dilution transient coverage for different pre-dilution incubation time t0. The 

dash, dash-dot, and solid lines are respectively the traces for 8×103s, 16×103s, and 

infinite incubation time. 
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due to an abundance of Y141G (I). Their differentiation is only possible within a very small 

time window, which limits the direct application of the approach mentioned above.  

This problem is remedied by applying a 103-fold dilution after quasi-equilibrium is 

almost reached at t0. This step reverses the complex binding reactions. As shown in Fig. 

4.11(a), the resulting drop in Θ is more rapid for larger α values because the I species has 

larger kdI and therefore faster desorption. Each trace exhibits a distinctive post-dilution 

transient Θ response corresponding to its α value. One can thus readily apply the previously 

proposed ‘coupled transient-equilibrium approach’ to quantify the NSB amount, as briefly 

described below. The deviations in surface coverage ΔΘ from the ideal interferent-free 

baseline (α = 0) are first extracted at fixed post-dilution time point(s) tpd for solutions with 

known α and Ceff values. As an example, the ΔΘ-α calibration curve for Ceff = 1 μM at tpd 

= 840 s is shown in Fig. 4.11(b). Once the Ceff value for the solution under analysis is 

determined from the quasi-equilibrium Θ right before dilution, the corresponding α value 

can thus be looked up to compute the true CT amount as (1-α)Ceff.It should be emphasized 

that the presented dilution procedure has substantially widened the sampling window for 

NSB quantification from, for example, a few tens of seconds (after t = 0 in Fig. 4.11(a)) to 

around a thousand seconds (right after dilution in Fig. 4.11(a)). 

Next, we examine the impact of parameters that are important to the proposed 

differentiation approach. The first parameter is the time allowed to reach quasi-equilibrium 

(t0), also known as incubation time. Shown in Fig. 4.11(c) are the post-dilution transient Θ 

responses fort0= 8×103 s and 16×103s; the ideal t0 = ∞ or equilibrium case is also included 

for reference. While no major difference is observed between the t0 = 16×103s and ∞ cases, 

there are discernible offsets between the 8×103s and ∞ traces especially for large α values. 
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Such “offsets” resulted from the insufficient incubation time is in fact attributed to the 

competitive binding of I and T with P before the dilution step. When the quasi-equilibrium 

is being approached, the non-specifically bound I are gradually replaced by T even though 

the total coverage Θ and Ceff stay roughly the same. An insufficient incubation time would 

therefore result in an artificially larger I contribution to Θ (versus T).Those I desorb more 

readily upon dilution. Such additional dissociations therefore lead to the observed “offsets” 

in Fig. 4.11(c), which in turn result in inaccuracy in the proposed NSB quantification 

approach as illustrated in Fig. 4.11(b). More specifically, when the incubation time is not 

sufficiently long, both ΔΘ and α will be overestimated and the true CT value will be 

underestimated. 

The second important parameter is the fold of dilution. Shown in Fig. 4.12(a) are the 

maximum post-dilution coverage deviations ΔΘmax plotted against the fold of dilution N 

for different interferent fraction α. It is generally observed that ΔΘmax increases with N 

owing to a larger reduction in CT and CI. Also, the increase of ΔΘmax saturates at very high 

fold of dilution when the complex dissociation dominates the overall immunoreactions and 

produces minimal concentration dependence. 

We have also examined the time to reach post-dilution quasi-equilibrium tpd-qe that 

characterizes the post-dilution dynamics. tpd-qe is defined as the post-dilution time to reach 

99% of the equilibrium surface coverage. It is inversely proportional to the dissociation 

rate constant kd when the analyte concentration is higher than the inverse equilibrium 

constant (K-1 = kd/ka).For any given α, tpd-qe increases with the fold of dilution as illustrated 

in Fig. 4.12(b). A 104-fold diluted interferent-free (α = 0) solution, for instance, can take 

up to 3×104 s to reach quasi-equilibrium, which is 50 times longer than a 10-fold dilution. 
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It is observed that cross-overs exist in the curves that correspond to different α values. They 

result from several contributing and competing factors including Ceff, N, α, and the choice 

of the quasi-equilibrium cutoff percentage, and thus the time-variant dissociation rate 

∂Θ/∂𝑡. In other words, a solution of a small α value can reach quasi-equilibrium before 

another of a larger α under certain combinations of N and Ceff. 

 

Fig. 4.12 (a) Maximum post-dilution surface coverage deviation, and (b) time to reach 

post-dilution quasi-equilibrium versus the fold of dilution computed for different 

interferent fraction α, assuming a pre-diluted Ceff of 1 μM and sufficiently long 

incubation time t0. 



95 

The aforementioned observations have important implications on the presented NSB 

differentiation approach. For SCI, as primarily assumed so far, the post-dilution transient 

responses ΔΘ are tracked to extract α. A higher fold of dilution can enlarge ΔΘ for better 

differentiation precision as long as the diluted analyte concentration is above the limit of 

quantitation. At the same time, it also extends the time to reach ΔΘmax and therefore 

judicious tradeoffs can be made between the assay turnaround time and accuracy. 

Contrarily for non-signal-contributing interferents (denoted as non-SCI), the post-

dilution quasi-equilibrium coverage ΘT(tpd-qe) should instead be considered. For non-SCI, 

the sensing signal is proportional to the target coverage (ΘT) rather than the total coverage 

(Θ = ΘT+ ΘI). The true CT amount can be computed using 

 
   

 
1

1
1

T T pd

T

T T pd

C N
K





   
 

 
                                            (20) 

where ΘT(∞) andΘT-pd(∞) are respectively the equilibrium coverage right before dilution 

and post-dilution. Since the ΘT-pd(∞) value can always be measured for any given fold of 

dilution, the fold of dilution should thus be chosen to shorten tpd-qe. 

Finally, we have examined the post-dilution responses for immunoreactions with 

lower binding affinity to test the generality of the proposed differentiation approach. The 

chosen P, T, and I are respectively pepMHC monomer SIYR/K, single-site mutant T-cell 

receptor S51αA, and double-mutant T-cell receptor S51αA/Y48βA [100]. The reaction rate 

constants are listed in Table 4.1. As shown in Fig. 4.13, the post-dilution responses in this 

low-affinity situation are very similar to the previous observations. The needed t0 is 

substantially shortened owing to the large kdT and kdI. The NSB quantification error induced 
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by insufficient t0 is thus minimized as evident from Fig. 4.13(a) (for example, versus Fig. 

4.11(c) assuming the same Ceff of 1 μM). Similar result can also be interpreted from the full 

transient coverage for T only as shown in Fig. 4.13(b). The quasi-equilibrium is practically 

approached only after a rather short t0 of 800 s to suppress any NSB quantification error. 

 

Fig. 4.13 (a) Computed post-dilution transient coverage of the pepMHC monomer 

SIYP/K due to competitive binding between T-cell receptor mutants S51αA and 

S51αA/Y48βA for SCI assays. (b) The full transient coverage by target molecules only 

for non-SCI assays. A pre-diluted Ceff of 1 μM is assumed. 
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In short, these results together with those discussed above collectively corroborate the 

universality of the presented post-dilution responses and NSB quantification approaches. 

4.3.6 Generalization and relation to sensitivity 

In all the above analyses, the association and dissociation rate constants were picked as 

representatives in our studies. The conclusion drawn from the analyses can be generalized 

without losing generality when the rate constants varies [87]. Although only one 

dominating interferents (I) has been assumed thus far, the analyses and approaches 

presented above are readily extended to consider the co-presence of multiple interferents 

(I1, I2, …, In) using Eqns. (10)-(11) as long as their respective binding rate constants are 

known. In other words, n number of Eqn (11) is utilized to compute the transient and 

equilibrium surface coverage of n different interferents. The true target concentration is, 

 

Fig. 4.14 Correlation of the limit of NSB differentiation to the limit of detection of a 

bioanalytical assay based on the proposed second differentiation approach. 
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therefore, expressed as CT = (112n)Ceff, where j is the dimensionless interferent 

fraction of the j-th interferent. 

While the NSB quantification approaches rely on extracting the surface coverage 

deviation for subsequent interferent fraction determination from the Θ calibration 

curves, the limit of NSB differentiation (or selectivity) should be fundamentally related to 

the assay’s LLOD (or sensitivity). Such correlations pertinent to the second quantification 

strategy are calculated as shown in Fig. 4.14 in which the limit of differentiation is defined 

as the minimum resolvable difference Ceff – CT = Ceff. Such definition can be appreciated 

based on the fact that this difference would become very small with a tiny amount of 

interferents, which in turn pushes the assay’s limit to differentiate NSB. Alternatively, this 

difference can be regarded as the amount of false positive signals. 

Finally, it is important to note that better detection selectivity directly comes from better 

intrinsic LLOD or resolution of the bioanalytical assay as evident from the observed 

correlation linearity in Fig. 4.14. This is certainly an additional yet meaningful motivation 

to push for better detection sensitivity besides the long-standing goal of improving 

‘detection accuracy’. 

4.3.7 Summary 

In the work discussed above, we have applied the classic Langmuir formulation to 

model the transient and equilibrium probe surface coverage in complex solutions with 

target molecule and interferents. We have first reported a qualitative deviation from the 

ideal interferent-free transient binding behaviors as well as an extended time to reach 

equilibrium in both initial-transient and dilution phases. We have also explained the 
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observed deviations and defined relevant metrics to represent the effective analyte 

concentrations as well as interferent fraction. 

Inspired by the fact that any exhibited transient deviation behavior should be uniquely 

tied to a given combination of target and interferent concentrations, we have then proposed 

three feasible approaches for NSB quantification. Moreover, we have further correlated the 

limit of interferent differentiation to the intrinsic limit of detection of an assay. In the near 

future, we expect these proposed NSB differentiation approaches to be adopted in practice 

and especially in various label-free affinity-based bioanalytical assays.  

 

4.4 Conclusion 

 

In this chapter, we investigated two major aspects that degrade selectivity of the assay 

due to random fouling and cross reactivity. Improving selectivity by suppressing random 

fouling onto sensor surface was investigated. Single-chain and charge-free PEG molecules 

have been adopted to passivate nwFET biosensor surface. Preliminary tests on silicon 

substrates with similar surface properties as that of T-nwFET biosensor showed a 

substantially reduced fluorescent signal of bound antibodies due to effective surface 

coating of PEG. Following this protocol, we analyzed the selectivity of SELFA chips by 

comparing its responses to specific target and nonspecific interferents. The highly selective 

signal responses validate the reliability of SELFA platform and its potential capability for 

biomolecule quantitation in complex environment. 
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Transient behavior of affinity-based sensor signal response in the presence of 

interfering species was studied using Langmuir isotherm model. We found that there is 

unique correlations between the ratios of interferents to the transient response curve, and 

proposed three approaches to quantitate NSB using measured signals in transient and 

equilibrium states. Although lacking of experimental demonstration, we believe that label-

free assay platforms with real-time signal recording capability could be implemented to 

resolve NSB issues using proposed methodology. From the experimental results of SELFA 

platform selectivity studies and analyses of proposed transient measurement approaches, 

we found that the sensitivity and selectivity of an assay platform are correlated. Better 

sensitivity (or LOD) could be leveraged for better selectivity, especially in the regime with 

low abundance of target biomolecules. 
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Chapter 5  

SELFA implementation for biological and clinical 

applications 

 

 

 

 

5.1 Background 

 

Our works above have successfully demonstrated the high sensitivity and selectivity 

of SELFA with embedded T-nwFET biosensor arrays in detection of a variety of 

biomolecules in analyte solution. The high output current level and current changes enable 

the detections to be conducted outside research lab, making the platform a viable 

alternative to conventional ELISA and other labeling assays. However, a primary challenge 
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in practice is the reliable quantitation of unknown samples using nwFET biosensors. 

Conventionally, this “blind guess” is based on a calibration curve generated in advance or 

simultaneously during the experiments on a separate device: signal readouts from a set of 

samples with known concentrations were plotted, then concentrations of unknown 

specimens were interpolated from this plot based on their readouts. This calibration scheme 

relies on the underlying assumption that hardware and handling variations are negligible 

and results among different trials are highly reproducible. Although the assumption holds 

for highly standardized manufacturing process and less vulnerable systems in mature assay 

platforms, this is not the case for nwFET devices. 

The variability of semiconductor devices is a prominent challenge when dimension 

reduces down to tens or hundreds of nanometers. Issues such as dopant fluctuations and 

line edge roughness inherently affect device performances [109-110]. In addition, with 

current experiments settings, most of the works reported were completed using university-

based nanofabrication facilities. Variability introduced during the fabrication is also 

inevitable. To improve reproducibility of output signals, normalized current response 

ΔIDrain/IDrain is employed as sensing signal instead of absolute current change ΔIDrain in some 

literatures [111-112], as both transconductance and current level are correlated to 

dimension-wise variations of the device to some extent. Nevertheless, this normalization 

metric cannot tolerate variations to a satisfactory level as it fails to account all the variations 

generated from intrinsic device. Moreover, variability caused by surface immobilization 

[113] and experimental handling still remain uclear. Taking all the possible factors into 

account, development of calibration curve on a separate device cannot be directly applied 

to real tests for quantitation of concentration level of target biomolecules in analyte. 
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5.2 Calibration and measurement scheme for practical 

implementation of SELFA 

 

According to the variability issues discussed above for nwFET biosensors, sensor 

calibration conducted on a separate device cannot directly transferred into another fresh 

device, a better calibration strategy to minimize the impact of sensor-to-sensor variations 

is to calibrate on per-sensor basis.  In essence, we introduced to each T-nwFET sensor 

standard solutions whose concentration was way below and/or above the anticipated 

concentration in biological specimens of interest to establish the reference calibration 

points. Then unknown target concentrations can be quantitated without referring to signals 

measured from others. 

For the calibration procedures, we first recorded the baseline IDrain in blank low-ionic-

strength buffer solution (e.g. 0.01x PBS) as IDrain_bl. Then we measured the Idrain’s in several 

low-concentration standard spiked solution sequentially in an ascending concentration 

order. During the measurement, sensor was disconnected for a 10-minute incubation before 

measuring signals in steady-state. Next, we measured the corresponding IDrain of “blind” 

samples by a three-step procedure (to be discussed in following paragraph) followed by 

measurements of high concentration standard reference solutions. During signal processing, 

every measured IDrain was subtracted from baseline IDrain_bl and denoted as |ΔIDrain|. We then 
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fitted the |ΔIDrain|’s from all standard solutions using an expression derived from class 

steady-state Langmuir isotherm formulation (Eqn. 9) shown as:  

N

Drain

Con
I A

B Con

 
   

 
                      (21) 

Here A, B and N are nonlinear fitting parameters that adjust the binding signals deviated 

from classical Langmuir isotherm. The corresponding concentration of “blind” specimens 

was then extracted by interpolation from the fitted curve. 

In practice, it is noteworthy that target biomolecules in “blind” samples are contained 

in a complex environment with salts, proteins etc. Typical specimens such as blood serum, 

cell lysate, supernatants with high concentration of biomolecules and salts in it could be 

detrimental to accurate quantitation of target concentration. Upon removal of specimens, 

there is also residue remain on sensor surface after incubation. Thence, an effective 

cleaning step to remove the residue is critical prior to the signal recording of “blind” 

samples. Upon removal of incubated samples, residue can often be found on SU-8 

passivated area, and when a low-ionic strength buffer is introduced, the surface 

hydrophobicity change is observed by change of contact angle. In addition, buffer solution 

droplet tends to be confined to the same area where previous samples were put down onto. 

We here used spike-wash cycles to remove the residue prior to data recording. Spike-wash 

cycle tends to have a stronger cleaning effect based on standard protocols using in SPR 

biosensors [114]. For our nwFET biosensors with SU8 hydrophobic passivation layer, the 

extent of cleaning was qualitatively checked by visualizing the change of contact angle and 

confinement of buffer solution droplet to previous territory. In our experiments, we adopted 
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5 cycles as a standard operation procedure, as surface is found to be mostly clean after 5 

cycles of spike-wash step according to the aforementioned standard. 

By adopting these two protocols, we implement SELFA platform into clinical and 

biological studies to validate its capability in scenarios of interest. 

 

5.3 Rapid quantitation of cardiac troponin I in patient 

serum for myocardial infarction diagnosis using SELFA 

 

Cardiovascular diseases (CVD) is the leading cause of mortality worldwide and 

claimed ~787,000 US lives in 2011 alone, accounting for nearly one-third of all death [115]. 

Patients presenting with acute coronary syndrome (ACS) to emergency department (ED) 

are screened for potential acute myocardial infarction (AMI) via electrocardiography (ECG) 

and detection of blood concentration of biomarkers. Conventional ECGs are unfortunately 

non-diagnostics for 50% of AMI patients [116]. In contrast, cardiac biomarker 

measurements have been indispensable in diagnosis, monitoring and risk stratification of 

suspected AMI patients [117-118]. Cardiac troponin (cTn) has been most widely used 

among other biomarkers in MI diagnosis attributed to its high specificity and long 

concentration elevation duration [117-119]. Besides, cTn is used for identification of 

chronic cardiovascular injury in asymptomatic persons with unrecognized myocardial 

structural disease, and most importantly, its close association with increased cardiovascular 

mortality 8 to 15 years in the future in healthy asymptomatic people [120-121]. 
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Conventional methods using enzyme-linked immunosorbent assay (ELISA) gold-

standards could not meet the need of high sensitivity especially when cTn evaluation is 

complicated by its low concentration levels at the time of presentation. The short 

turnaround time (TAT) is also a stringent restriction for AMI diagnosis using cTn 

biomarkers, as delays can lead to serious complications and unnecessary hospital expenses 

and resource occupation. Alternatively, highly sensitive methods with cTnI lower limit of 

detection (LLOD) in the range of 10 pg/mL have been developed [122-125]. The 

automated assay systems significantly shorten the TAT, yet the requirements for sample 

transportation postpone the time of evaluation and medical intervention. Moreover, 

temporal course tracking of biomarkers is unavailable through the systems. Point-of-care 

cTnI assay is a viable solution to sufficiently shorten the TAT through bedside 

administration. Unfortunately, none of the existed platforms offer an analytical sensitivity 

close to the range of interest and onerous requirement for reagents and handling technique 

prohibit their wide applications. 

The data we have shown in chapter 3 has shown a 10fg/mL LLOD of T-nwFET 

biosensor upon detection of human cTnI. We expect the packaged SELFA platform could 

be a potential viability for early quantitation of cTnI from blood sample at POC settings. 

Here we deployed and validated the holistic SELFA immunoassay including the hardware, 

assay procedures, and calibration strategy through quantitating cTnI levels in patient serum 

samples. 

Prior to testing patient samples, we examine the effectiveness of our cleaning protocol 

by measuring current response of SELFA upon varied concentration of cTnI in human 

serum. We first spike human cTnI protein into human serum at concentration of 10ng/mL. 
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Other samples with concentration down to 1 fg/mL were prepared by serial dilution. To 

reduce the counter-ion screening effect, we use diluted 0.01x PBS as sensing buffer during 

 

 

Fig. 5.1 (a) Transfer characteristics of T-nwFET biosensor measured after incubation 

of human serum samples with different cTnI concentrations, (b) calibration curve of cTnI 

detection in human serum, red band represents baseline signal fluctuation measured in 

buffer solution and green band represents that measured after blank serum incubation, 

signal responses extracted at VSub=25V. 
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data collection. The experimental procedures were similar as previous experiments 

described in chapter 3, except a separate washing step was added between each incubation 

and measurement. The measured transfer characteristics after each incubation were plotted 

in Fig. 5.1a. Here, only one representative curve after each incubation was plotted. The 

transfer characteristics were repetitively measured for each concentration to calculate their 

mean values and standard deviations. We extract IDrain at Vsub = 25V as shown in Fig. 5.1b. 

In Fig. 5.1b, red band represents baseline signal fluctuation measured in 0.01× PBS buffer 

solution and green band represents that measured after blank serum incubation. We noted 

that there is no substantial signal change after sensor surface exposed to serum, 

demonstrating the effectiveness of spike-wash protocol. The standard deviation of baseline 

signal fluctuation after incubation in blank human serum is 37.97nA, and the mean signal 

response after incubation with 20fg/mL cTnI in human serum is 131.65nA, which is more 

than three times higher than that of baseline fluctuation. Therefore, LLOD here was 

estimated to be ~20fg/mL based on the criteria defined above.  

Then, we move to quantitate human cTnI concentration levels in patient serum 

samples. We obtain IRB approval (IRB# 13-001271) and 19 de-identified patient serum 

specimens from ED patients presented to the UCLA Medical Center were tested for their 

blood cTnI levels. The cTnI levels from the same sample set were independently measured 

using both the luminescent oxygen channeling assay (LOCI® assay) at the UCLA clinical 

laboratory and the disposable SELFA cartridge (as those shown in Fig. 2.11e) in our 

laboratory. The LOCI® assay is based on the principles of particle agglutination, 

channeling and chemiluminescent detection, and has a LLOD of 15 pg/mL for the tools 

used in our studies [126], almost 3 order-of-magnitude higher than that of SELFA as shown 
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in Fig. 5.1b. Besides, the chemiluminescent based approach results in longer TAT than that 

of SELFA, as with pre-immobolized SELFA cartridge, the time required from specimen 

introduction to electrical signal readout took less than 30 minutes.  

 

Fig. 5.2 (a) A representative fitting curve with both readouts from reference samples 

and patient samples, (b) Comparison results of quantitation values of two different assays. 

Data fitted by a linear fitting y=ax+b using a least sqare regression method. 
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The cTnI clinical range of interest for ACS diagnosis is from 10 pg/mL to 1ng/mL, 

therefore, we prepared 4 reference standard samples either below or above this range. 

Applying the calibration scheme, we measured the responses from reference samples and 

fitted it to extract concentration level of blind patient specimen, as shown in Fig. 5.2a. To 

assess the performance of SELFA platform, results measured by both SELFA and LOCI® 

assay were plotted together for comparison (Fig. 5.2b). In fig. 5.2b, x- and y- axis values 

of each data point represent the measured results from two assays. The data were linearly 

fitted using least square regression method. An ideal model typically has a slope of unity 

and interception of zero [127]. A slope of 0.95 and interception of 11.54 in this set of data 

indicate a slight proportional and constant biases existed between two types of assays. With 

a R2~0.976, the SELFA quantitated results can be confidently aligned to standard LOCI® 

assay. 

The strong correlation between two assay platforms demonstrate potential viability of 

using SELFA platform for clinical-relevant studies. 

 

5.4 SELFA implementation for predictive toxicology 

 

Besides the trials of SELFA disposable cartridges in quantitating target concentration 

levels in clinical specimens, we also explored its applications in real biological research 

fields, such as predictive toxicology. 
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With the advent of high-throughput analytical approaches, biomedical scientists have 

begun to deal with big data sets which rely on innovating and utilizing discovery tools 

capable of generating rich data in a rapid manner. The same trend is also evident in 

toxicology which has been facing the challenge of assessing safety profiles of over 90,000 

existing and emerging chemicals or materials to humans [128]. Nevertheless, the reality is 

that such needs are far from satisfied due to both cost and throughput constraints. While 

assessments have been performed in an observational-based descriptive toxicological 

fashion using animals, same results can, in our opinion, be obtained more effectively in a 

predictive manner with target-specific and mechanism-based biological observations [129-

134]. This is in agreement with the vision of the National Academy of Sciences (NAS), 

which advocates a paradigm shift in the approach to toxicological testing in the 21st century, 

including the development of robust scientific platforms for screening a large number of 

toxicants at the cellular level [129]. Central to the implementation of predictive toxicology 

is the move from predominantly animal screening to in vitro studies where appropriate 

[130]. In one embodiment, the data of secretomic assays are utilized to rank material 

toxicity in vitro and predict their toxicity in vivo, offering great value in planning and 

prioritizing the expensive and time-consuming animal experiments for validation purpose. 

Researchers have previously developed predictive toxicological approach for 

engineered nanomaterials (ENMs) such as redox-active metal oxides and long aspect ratio 

(LAR) materials [130, 135] based on the assessment of pro-inflammatory and pro-

fibrogenic cellular responses. In our studies, we examined their toxicities via quantification 

of secretome biomarkers (e.g. IL-1, other cytokines, and growth factors) that is routinely 

performed using relatively expensive, time-consuming, and labor-intensive ELISA assays 
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Fig. 5.3 In vitro biomolecular assays for in vivo toxicology prediction. (a) Various 

metal oxide and long aspect ratio ENMs were used to treat human macrophage cells 

(THP-1). PBS and MSU solutions served as the negative and positive control, 

respectively. (b) SELFA and ELISA quantitated concentration of human IL-1β in 

supernatants collected from THP-1 cells which received indicated treatment at 40 µg/mL 

for 24 hours. (c) Correlation between SELFA and ELISA quantitation. Quantitated 

concentrations of 13 samples (controls included) were linearly fitted, yielding a slope of 

0.880 and an intercept of 93.8 pg/mL. R2 = 0.930. 
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in 96-well plates [136-139]. To demonstrate the utility of SELFA secretomics in predictive 

toxicology, we performed comparative analyses between SELFA and ELISA in 

quantitating IL-1 released in cultured macrophage receiving some new as well as 

previously examined ENMs. The cell supernatants were prepared and received from center 

for environmental implications of nanotechnology at University of California, Los Angeles 

[41]. SELFA quantification of IL-1β release generates in vitro hazard ranking of the 

examined ENMs that directly indicates their degree of lysosomal damage in cells and acute 

inflammation in animal lungs. The presented SELFA platform and procedure development, 

side-by-side comparison, and the confirmatory cellular and animal study serve as the first 

demonstration of its application in a real-life toxicological scenario.   

First, we utilized both SELFA and ELISA to quantitate human IL-1 in supernatants 

from cultured human macrophage cells (THP-1) receiving a library of ENMs. We obtained 

11 well-characterized ENMs from the UC CEIN compositional and combinatorial material 

library for this validation study as tabulated in Fig. 5.3. In this set of ENMs, the toxicity of 

#2-#9 were previously assessed while #10-#12 were newly synthesized with unknown 

toxicity. The morphology of these ENMs was shown in transmission electron microscopy 

(TEM) images in Fig. 5.4. We also included PBS solution as a negative control as well as 

the supernatant collected from monosodium urate crystals (MSU) treated THP-1 cell 

culture as a positive control.  

Next, we use SELFA platform to evaluate human IL-1 concentration in the 

aforementioned supernatant and control samples. We diluted the supernatants by 250 times 

in 0.01× PBS solution such that their concentrations were within the DR of T-nwFET 

sensors. We measured each sample using at least 2 different sensors, and under multiple 
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voltage biases to further minimize run-to-run variation like running ELISA in duplicates. 

The SELFA-quantitated concentrations along with the ELISA values for the supernatants 

under test (Samples #2-12) and controls (Samples #1 and #13) are shown in Fig. 5.3b, 

demonstrating good agreement between the two types of assay. For the purpose of method 

comparison, we further plotted the SELFA-quantitated concentrations against those 

obtained by ELISA as shown in Fig. 5.3c. 

SELFA demonstrates a linear correlation with ELISA with a R2 > 0.93. From these THP-

1 data, we found that ENMs #2, #6, #7, #8 and #10, resulted in significant increase in IL-

1β production compared to PBS treated cells (#1), while ENMs #11-12 led to intermediary 

elevation. Sample #13, which is MSU positive control, yielded an expected increase in the 

level of IL-1β.  

  To further validate the toxicity ranking generated by SELFA, we carried out confocal 

microscopy study in THP-1 cells, animal experiments, and histology assessments. It has 

been established that IL-1β production in macrophage requires assembly of the NLRP3 

inflammasome, which activation is dependent on lysosome damage and the lysosomal 

enzyme cathepsin B release following the endocytosis of these ENMs. Therefore, toward 

confirming the foregoing IL-1β ranking, we used confocal fluorescence microscopy to 

discern lysosomal damage by tracking the containment of cathepsin B that could be 

detected by Magic Red probes in THP-1 cells. As shown in Fig. 5.5a, PBS-treated cells 

(Sample #1) revealed a punctate distribution of red fluorescence in the intact lysosome, 

which is in marked contrast to the diffuse staining pattern observed in MSU-treated cells 

(positive control Sample #13). Consistent with the IL-1β data (Fig. 5.3) which identified 

ENMs (#2, #6, #7, #8 and #10) that triggered strong cytokine release, the Magic Red 
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staining revealed the same set of ENMs that induced obvious cathepsin B release and 

potent lysosome damage, while ENMs #11-12 incurred intermediary lysosomal damage 

with a corresponding intermediary level of IL-1β production. The remaining ENMs did not 

provoke any observable lysosomal damage, as expected from the foregoing SELFA IL-1β 

cytokine analysis. 

Although we have demonstrated above an excellent correlation between the IL-1β data 

and confocal visualization, we have yet to show the former’s indication of pulmonary 

toxicity in animal lungs. In other words, we need to examine how well the SELFA-based 

 

Fig. 5.4 Transmission electron microscopy images of nanoparticles engineered 

nanomaterials. 
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Fig. 5.5 In vitro and in vivo experimentation confirming SELFA prediction of lung 

inflammation potential. (a) Visualization of cathepsin B localization in THP-1 cells after 

ENMs treatment. (b) Anesthetized C57BL/6 mice were exposed to the selected ENMs 

once via oropharyngeal aspiration and were euthanized after 48 hours. The BAL fluids 

were collected to determine the neutrophil count. (c) Lung tissues were harvested, fixed, 

and stained with hematoxylin/eosin (H&E). 
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cytokine ranking in vitro predicts the degree of acute lung inflammation in vivo. Due to 

logistic constraints (e.g. number of animals), we decided to validate the induced lung 

damage for selected ENMs, i.e. #2 (which was assessed before and with predicted high 

toxicity by SELFA), #11 and #12 (which were new ENMs with predicted intermediary 

toxicity) in an acute toxicity experiment in vivo. All the experiments were conducted in 

accordance with Division of Laboratory Animal Medicine (DLAM) guidelines and with 

the approval of the Ethical Committee and Animal Research Committee of UCLA (2004-

022-41). We compared the acute pro-inflammatory effects of introducing 5 μg of both 

ENM to the animal lungs. We chose this dose based on our experiences and its relevance 

to occupational exposure level estimated by dosimetry. After 48 hours post oropharyngeal 

aspiration, we collected the bronchoalveolar lavage (BAL) fluid and determined the 

neutrophil count which is an acute response to inflammatory lung injury. We found that 

the neutrophil count in BAL fluid from animal treated with ENM #2 (as-prepared multiwall 

carbon nanotube) was significantly higher than that with #1 (PBS negative control) (Fig. 

5.5b). On the other hand, the ENMs #11 and #12 (Co3O4 nanocube and plate, respectively) 

triggered a weaker response compared to #2 yet the corresponding neutrophil count was 

still higher than that for #1. We further confirmed the increased potency of ENM #2 via 

histology of the corresponding lung tissue (Fig. 5.5c), which showed the typical focal areas 

of acute inflammation surrounding small airways in the lung (marked by arrows), in 

contrast to the less severe inflammation in the animal receiving #11 and #12. At the same 

time, we observed no acute inflammation with the negative control (#1) as expected. 

Concisely, Fig. 5.5 constitutes the integrated set of animal validation data that confirms the 
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same degree of ENMs in vivo pulmonary toxicity as predicted by the in vitro toxicological 

cytokine ranking generated by the novel SELFA platform. 

We here evaluated SELFA secretomics in predicting the inflammatory toxicity of 

various ENMs in vitro. Using the novel per-sensor calibration strategy, SELFA is able to 

quantitate the secreted human IL-1β concentrations in cultured human macrophages 

receiving different ENMs. The quantitation results agreed well with that of ELISA and 

corroborated the confocal visualizations of IL-1β related lysosomal damage. Most 

importantly, the SELFA-generated in vitro toxicity ranking was further substantiated by an 

acute lung inflammation study on animals instilled with selected ENMs. In sum, the holistic 

SELFA platform and procedures is able to quantify key biomarkers in real biospecimens 

and readily deployed for predictive toxicology studies. 

 

5.5 Summary 

 

In summary, we proposed a novel calibration strategy that allows SELFA to predict 

target concentration level based on the measurement of both standard reference samples 

and the blind ones. To prevent any adverse effect of complex solution environment, a 

spike-wash protocol was introduced to clean sensor surface after finishing sample 

incubation. Packaged SELFA platform was implemented in two clinical and biological 

applications. Both studies demonstrated reliable results highly consistent with that from 

conventional assay platforms. Given the advantages of label-free sensing scheme and low-



119 

cost, highly integrated packaging, SELFA platform is shown to be a potential viable 

alternatives for many more applications in biological fields. 
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Chapter 6  

Conclusion 

 

 

 

 

6.1 Summary 

 

In this dissertation, we have developed a holistic biomolecular assay platform SELFA 

based on the novel T-nwFET biosensors. To analyze the sensitivity performance, we have 

investigated intrinsic noise characteristics of the device and the results revealed a better 

biosensors resolution of T-nwFET device over that of generic I-nwFETs. The boost of the 

sensitivity for T-nwFET biosensors was further validated by the improvement of LLOD 
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over conventional ELISA technique and generic I-nwFET biosensors on detection of a 

variety of target biomolecules.  

We have adopted a surface passivation method into our SELFA assay platform by 

grafting a SAM layer to prevent random fouling of nonspecific biomolecules. The 

analytical validation results confirmed a comparable selectivity as ELISA technique at its 

detectable range and a better selectivity where target biomolecule concentration dropped 

below the LLOD of ELISA. We have also proposed an approach to differentiate NSB 

introduced from cross reactivity by measuring sensors signal response at transient state. 

Both studies, experimental validation and theoretical approach, showed a lower LLOD 

could improve the selectivity of affinity-based biosensors. 

In order to calibrate our assay and reliably quantitate concentration level of target 

biomolecules in blind specimens, we have proposed and implemented a per-sensor based 

calibration strategy to mitigate variability in electrical and biological domains. We 

implemented SELFA platform in quantitating biomolecule concentrations in patient and 

biological specimens. The results from the biological and clinical applications showed high 

consistency with conventional labeling assay platforms. 

 

6.2 Contribution of this work 

 

The significant contributions of this work are as follows: 
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(1) Investigated noise characteristics of T-nwFET and generic I-channel 

nwFET devices, showing the superior SNR performance of T-nwFET 

biosensors.  

(2) Validated superior LLOD of SELFA platform with T-nwFET biosnensors 

upon detection of research and clinical relevant biomarkers compared to 

generic nwFET sensors and conventional ELISA platform. 

(3) Validated high selectivity of SELFA platform comparable to ELISA at high 

concentration levels, and better selectivity of SELFA in the range below the 

LLOD of ELISA. 

(4) Proposed a novel transient signal measurement methodology to improve 

selectivity of affinity based biosassay platforms. 

(5) Proposed a per-sensor based calibration scheme to circumvent the 

variability issues of nwFET based biosensors caused in electrical and 

biological domains. 

(6) Successfully demonstrated implementations of SELFA platform to reliably 

quantitate biomarkers in unknown specimens in clinical and biological 

applications using our novel calibration scheme. 

 

6.3 Recommendations for future work 

 

To build upon the work performed in this dissertation, we recommend further research 

in the following subjects: 
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(1) Numerical modeling and evaluation for device optimization: to further 

understand the resolution/sensitivity improvement of T-nwFET device and 

optimize sensors performance, numerical modeling and simulation with 

varying geometric parameters such as channel length and width is required.  

(2) Understanding electrochemistry and biochemistry at solution dielectric 

interface: the electrochemical and biochemical reactions occurred between 

ions and dielectric surface could affect the stability of the sensor. 

Understanding and addressing the issues could eliminate potential drifting 

and fluctuation of measured sensor output signal. 

(3) Microfluidic design for multiplexed biosensing: development of SELFA 

platform with multiplexed sensing capability enables the quantitation of 

multiple relevant biomarkers at the same time, and is of great significance 

to biological and clinical studies. Proper microfluidic and chip layout 

designs are required for selective immobilization of biomarkers on 

individual sensor and effective handling of fluid. 
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