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ABSTRACT OF THE DISSERTATION 

 

Label-free Electronic Detection and Quantification of Biomarkers Using Nanowell 

Impedance Sensor 

 

By Pengfei Xie 

 

Dissertation Director: Dr. Mehdi Javanmard 

 

 

The application of lab-on-a-chip or microfluidic technologies to perform protein 

assays is an emerging field and has the potential to be used for point-of-care devices. 

High-sensitivity and general-use biosensors play a crucial role in achieving this goal. 

The quantification of protein provides a crucial perspective of pathology, drug 

treatment, and understanding of the disease.  

Label-free electronic affinity-based immunosensing is an attractive candidate as a 

platform technology for analyzing biomarkers due to the ease of miniaturization and 

the minimal use of reagents. Electronic-based sensing approaches, however, have 

lagged behind their optical counterparts in terms of detection limit, selectivity, and 

reliability. In addition, the matrix-dependent nature of electronic sensing modalities 

makes the analysis of biomarkers in high salt concentration samples, such as the 

serum, difficult due to charge screening. 

In this dissertation, I present a novel impedance-based nanowell biosensor and its 

application in multiple novel solutions for detecting protein biomarkers in purified 
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buffers and serum matrixes using a micro-sized biochip. I discuss sensor fabrication, 

sample preparation, theoretical considerations, data analysis, and various 

experiments. 

In the first chapter, I introduce the fundamental perspective of protein studies and 

protein quantification and summarize and review the gold standard and state-of-the-

art techniques of protein quantification. Next, I introduce the impedance-based 

biosensors used in protein detection. In the second chapter, I introduce the theory and 

modeling of the proposed nanowell sensor, including the systematic analysis, 

determination of the parameters, results of the simulations, and the derivation of the 

formula. In the third chapter, I propose the nanowell-based label-free assay for the 

quantitative assessment of cytokine levels, present the results of a series of 

experiments, and discuss the validity and novelty of the technique. In the fourth 

chapter, I present multiplexed protein assay measurements achieved using an 

embedded microprocessor. The standard titration curves of multiple proteins are also 

presented, followed by the correlation analysis between the nanowell sensor and the 

Luminex technique and the results of the nanowell sensor to the characteristic 

biological parameters. In the fifth chapter, I present the most recent results on the 

analysis of mouse clinical samples with inflammatory arthritis. The results of 

different experiments with different treatments, a comparison between the standard 

titration curves of different techniques, and the correlation curves of all samples are 

presented in this chapter. And in the sixth chapter, the results of human clinical 

samples including the titration curve of different biomarkers, cytokine levels of 

different patient samples were introduced.  
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Chapter 1: Introduction 

 

 

1.1 Protein and its functions 

Proteins perform a massive array of functions at intervals organisms, as well as 

catalyzing metabolic reactions [1][2], responding to stimuli [3], providing structure to 

cells and organisms, and transporting molecules from one location to a different. Any 

listing of major analysis topics in biology, like DNA replication [4], transcription [5], 

translation [6], splicing [7], secretion [8], cell cycle control [9], signal transduction 

[10], and intermediator metabolism, is additionally a list of processes during which 

macromolecule complexes are involved as essential parts. The protein, the overall 

macromolecule content of 1 specific biological system, is extremely dynamic and is 

continually dynamical in step with completely different stimuli [11][12]. Proteomics 

includes the structural and purposeful data of proteins, however additionally the 

quantification of their abundance[13], the research of their modifications [14], the 

interactions between them [15], and the study of their localization [16]. Throughout 

the numerous stages of disease diagnosis and the purpose of point to care, proteins 

will act as ideal indicators [17]. Protein analysis may be applied for the systematic 

look for new marker proteins and peptides, so fast the event of assays may be vital 

support [18]. Subsequently, accurate and reliable analytical methodologies may be 

developed and valid to discover the antecedently known marker proteins/peptides. 

Protein studies are the cornerstone of the understanding the pathology behind it and 

one of the most effective methods. 
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1.2 Protein study types and objectives 

Depending on the final objective, most proteomic studies will be divided into 3 

completely different areas, which are qualitative proteomics (protein characterization 

and identification), differential/quantitative proteomics, and functional proteomics 

[19][20]. The goal of qualitative genetics is to spot and characterize the entire set of 

proteins gift in an exceeding sample, which might embody the characterization of the 

macromolecule post-translational modifications (PTMs). This systematic 

investigation will be centered on an entire protein (e.g., all the proteins comprising a 

sample) [21], or on a selected set of the proteins (e.g., sarcoplasmic proteins [22]; 

gluten proteins [23]; glycosylated proteins [24]). The two commonest approaches for 

macromolecule identification are peptide mass fingerprinting (PMF) and peptide 

mass fingerprinting (PFF), each of that needs enzymatic digestion of the studied 

proteins [25][26]. For all such approaches, the presence within the info of the 

sequence info of the corresponding macromolecule, or a homologous one, is needed. 

The huge array of various samples is probably going to end in the absence of the 

many peptides/proteins in current databases. Intentional caution and scrutiny are 

usually needed, even once operating with easy samples. Meanwhile, PTMs play an 

important role, as they affect protein activity and stability [27]. PTMs will occur 

along with a wide range of biological signals. More than 300 different types of PTMs 

are known; however, but solely some are being extensively investigated, such as 

phosphorylation, acetylation, glycosylation, and oxidation, which also brings 

challenges to the study [28]. Quantitative information at the protein level, such as the 

relative abundance of some certain proteins between different samples or the absolute 
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level of a protein can be very helpful once studying for variations between completely 

different conditions. Relative quantification can be achieved with different 

methodologies, which can be classified as gel-based, label-based, and label-free [29]. 

Gel-based methods include the separation of proteins by two-dimensional 

electrophoresis and the comparison of protein abundance determined as the spot 

volume between different samples [30]. Every sample being compared will be run on 

a distinct gel, or as an alternative, up to a few samples will be differentially labeled 

and run on identical gel exploitation distinction gel electrophoresis technology, 

therefore increasing confidence within the detection and quantification of variations 

in protein abundance [31]. Within the label-based strategies, proteins or peptides are 

antecedently labeled with a mass tag, and relative quantification is then obtained from 

the Mass Spectroscope or MS/MS read-outs. In label-free approaches, the 

macromolecule quantity is mostly calculated supported the MS extracted ion current 

signal of the peptides/proteins throughout liquid chromatography (LC) run [32]. 

Quantitative proteomic methodologies are greatly improved with the introduction of 

select reaction observation (SRM) experiments, a sensitive LC-MS/MS acquisition 

mode usually employed in medical analysis to verify and validate candidate 

biomarker proteins [33].  

Functional proteomics studies the useful interaction between proteins or between a 

protein and different molecules and also the consequences of these interactions. There 

also are an outsized variety of transient protein-protein interactions, that successively 

management an outsized variety of cellular processes. All modifications of proteins 

essentially involve such transient protein-protein interactions. These embody the 
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interactions of protein kinases, protein phosphatases, glycosyltransferases, acyl group 

transferases, proteases, etc. with their substrate proteins. 

Protein-protein interactions have a large variety of measurable effects. First, they will 

alter the kinetic properties of proteins, which may be reflected within the altered 

binding of substrates and altered chemical catalysis. Second, protein-protein 

interactions are the most common mechanism to permit substrate channeling. Several 

similar samples of metabolic channeling are incontestable both between different 

subunits of a complex and between different domains of a single multifunctional 

polypeptide. Third, protein-protein interactions may result in the formation of a 

replacement binding web site. Fourth, protein-protein interactions will inactivate a 

protein. Fifth, protein-protein interactions will modification the specificity of a 

protein for its substrate. 

 

1.3 Current protein detection techniques  

Proteins act as mediators and modulators at intervals extremely localized 

environments and regulate immunologic responses, hemopoietic development, cell-

to-cell communication, host responses to infectious agents, and inflammatory stimuli 

[34]. They interact with each other in advanced ways in which could also be additive, 

synergistic, or antagonistic or which will involve the induction of one by the others. 

The physiological effects of cytokines usually depend upon the relative 

concentrations of many proteins. This illustrates the importance of recognizing that 

proteins influence physiology via networks. Elevated concentrations of proteins 

indicate activation of protein pathways related to inflammation or disease 
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progression. Therefore, amount measurements are vital, as these proteins are widely 

used as biomarkers to know and predict disease progression and monitor the results of 

treatment. Thus, the determination of their concentration is of explicit interest [35].  

The selection of the proper protein detection technique is extremely necessary 

because the measurements might have to live quantitative changes in expression 

levels in biological samples. Ideally, the detection limit ought to be as low as 

potential with associated best signal/noise. For correct quantification of proteins in 

typical proteomics samples, the detection technique ought to have a wide dynamic 

range and the linear relationship among the number of proteins and also the staining 

intensity. The procedure ought to be straightforward and quick, non-toxic, 

environmentally friendly, and not too pricey.  

To date, dozens of exciting protein microarrays are Studied. They'll be classified into 

two main regimes, labeled and label-free. Every regime has its advantages and 

downsides. In this paper, we tend to target 5 candidate label detection strategies, 

namely, fluorescent labeling [36], isotopic labeling [37], chemiluminescent labeling 

[38], electrochemically active probe labeling [39], and nanoparticle labeling [40], and 

five candidate label-free detection methods, namely, mass spectrometry (MS) [41], 

microcantilevers [42], quartz-crystal microbalance (QCM) [43], surface plasmon 

resonance (SPR) and localized surface plasmon resonance (LSPR) [44][45], and 

anomalous reflections of the gold surface (AR) [46]. The features of the different 

methods concerning their availability for protein microarrays are summarized and 

introduced below. 

1.3.1 Labeled microarray techniques 
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A label is typically described as any foreign molecule with chemicals or temporarily 

attached to the molecule of interest to observe molecular presence or activity, which 

might probably alter its intrinsic properties. It needs a labeling method as a 

preparation step that's sometimes low yield, combining synthesis and purification. 

Covalent bonding is usually the principal method of fluorescent, chemiluminescent, 

and NP labeling, which is realized through coupling chemistries, whereas some 

electrochemically active probe labeling needs solely temporary attachment of 

intermolecular bonding. Isotopic labeling implies the identical elements but with 

different neutron numbers, being incorporated into target molecules to lead to a 

detectable distinction. Fluorescent label detection strategies provide the foremost 

common and convenient techniques to transmit info from the events that happened at 

the molecule level. Light probes are stable, simply manipulated, and provide sensible 

sensitivity and resolution. These are particularly necessary once incorporated into 

microarray technology. Though perturbations in molecular interactions caused by 

label molecules will result in false-positive signals, massive amounts of information 

produced from high-throughput studies may be subjected to statistical data-mining 

processes which will increase analytical accuracy. In the AN protein sandwich assay 

system, a fluorescein molecule is employed as a secondary protein label. With this 

method, one will omit an instantaneous non-native result on the molecule of interest. 

One of the earliest strategies for molecular detection is the utilization of radioisotopes 

that perform accurate quantification of protein abundance. Though radioactivity is 

additionally appropriate for analyzing protein activity, significantly for enzymatic 

phosphorylation because of sensitivity and specificity, and therefore the chance of 
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fluorescence detection, the utilization of isotope-labeled molecules raises some safety 

issues. Therefore, within the long-term, these strategies aren't possible to be adopted 

for a broad vary of biochemistry experiments. 

Chemiluminescence is another fast-developing technique, which is informative to 

convert molecular interactions into quantitatively color info. Utilizing its energy from 

exoergic reactions, totally different wavelengths are emitted throughout molecular 

relaxation to its ground state depending on the quantity of energy absorbed (e.g., 150 

kJ/mol for the red light, 300 kJ/mol for blue light). A successful demonstration of the 

detection of tiny and large molecules simultaneously using a microarray 

immunoassay is also reported. The chemiluminescence signal was amplified 

employing a poly-horseradish peroxidase complex (polyHRP), leading to low 

detection limits, microgram, or sub microgram levels for each tiny (<1 kDa) and huge 

(>10 kDa) molecules. Chemiluminescent probes integrated with a microarray provide 

an advantage in high sensitivity and an up to 6 orders of magnitude dynamic range of. 

However, the quantum yield of chemiluminescent probes is less than 1% because of 

inefficiency within the chemical reaction or poor energy transfer. 

The sensing of electrochemical signals originating from molecular surface charges 

has been reported for high-throughput studies. This detection technique is especially 

engaging due to its sensitivity and repeatability and because it can be easily 

miniaturized. The Leiber group has pioneered the multiplex detection of prostate-

specific antigen (PSA), PSA-1-anti-chymotrypsin, carcinoembryonic antigen, and 

mucin-1 (all are cancer biomarkers) at femtomolar concentrations using field-effect 

transistor (FET) nanowire sensors. Esfandyarpour et al. measured changes in 
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impedance using nanoneedle sensing electrodes to detect the abundance of charged 

protein (streptavidin) at single nM concentration. 

The use of NPs (Nano-Particles) or metal nanoclusters in molecular detection is 

sometimes considered as label-free detection methods. However, NPs <10 nm are 

considered to be probes that assist in molecular detection. The target protein is bound 

with the NP beforehand, and on molecular interaction events, signal monitoring is 

dependent on the NP signal. Thus, such small NPs research falls into another class of 

(macro-) label detection. It is reported that 1.4 nm gold NP probes that were 

covalently attached to antibodies improved immunodetection. Direct molecular 

absorption to NPs may induce some molecular distortion that modifies its intrinsic 

function. In certain cases, a self-assembled monolayer with a suitable functional 

group is used as a bio-interfacial surface to reduce this effect. 

1.3.2 Label-free microarray techniques 

Another regime of protein detection techniques is label-free microarrays. Label-free 

detection only utilizes molecular biophysical properties and molecular charge to 

detect molecular quantity or activity. Mass Spectroscopy and microcantilever 

technique utilize the relative molecular mass, SPR, and AR techniques are based on 

the refractive index. Moreover, these techniques are often utilized to track molecular 

events during a period manner. During a typical biosensing process, molecular 

interactions are transduced as mechanical, electrical, or optical signals and are 

therefore detectable with none label probes. the most advantage of label-free 

detection is that additional distractive info is avoided because the methods use solely 

native proteins and ligands. 
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Mass spectrometry enables us to directly determine the type of proteins of interest 

using molecular mass or mass ratio once tryptic digestion. However, typical MS has 

some disadvantages and low throughput. Surface-enhanced laser 

desorption/ionization (SELDI) TOF-MS is an innovative approach that provides on-

chip purification of the proteins of interest and later ionization of the preserved 

molecules to be detected. SELDI-TOF-MS has been utilized to contribute to the 

discovery of tumor biomarkers, plant phosphoproteome, and applied to the detection 

of various proteins in a single chip format. Some studies analyzed enzymatic 

glycosylation on a centimeter scale microchip comprising an array of more than a 

dozen peptide spots, and some others also detected the binding of carbonic anhydrase 

to a benzenesulfonamide ligand as well as the binding of glutathione S-transferase-

tagged protein complexes to a glutathione ligand. Many disease-specific marker 

proteins in clinical biological samples were successfully identified: amyloid β-

peptides, rat plasma profiling for biomarker discovery, downregulated biomarker 

identification, and liver cirrhosis of the liver protein classification. A minimum of two 

major limitations to the system is, a large and complicated setup, and a calibration 

curve is important to quantify protein abundance.  

Microcantilevers probes were originated from surface characterization in atomic force 

research. They convert specific biomolecular recognition into nano-mechanical 

signals, which may be a differential surface stress. Protein interaction causes the 

cantilever to deform and so interaction will be discovered by observation changes 

with the cantilevers. The cantilever based assay technique has been applied to DNA-

binding proteins, detection of the bioterrorism agent anthrax, to study biomarkers, and 
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to weigh individual vaccinia viruses and microorganisms. The microcantilever array 

was developed with the ability of a multichannel measurement method for high-

throughput studies assembled with a microfluidic channel. Some studies showed a 

multiplexed detection of the interactions involving oligonucleotides and antigen-

antibody, with a sub-micron spatial resolution device on a chip. At present, many 

challenges are still to be resolved: (i) integration of cantilever arrays and microfluidic 

channel networks continues to be underneath development; and (ii) because of the 

delicate nature of the cantilever, performance variations aren't of a suitable standard 

for commercialization. 

The quartz crystal microbalance technique uses acoustic waves and is considered as a 

well-established technique for observation mass and film thickness, monitoring 

molecular adsorption, and discovering surface reactions within the monolayer range 

via observation of changes in resonant frequency. The effective quartz frequency can 

modify as substances are adsorbed by the QCM surface (typically a thin gold 

surface). Because of the piezoelectric principle, this transformation leads to a 

detectable electric signal. To date, the technique has evidenced valuable for studying 

surface-related processes in liquids as well as protein adsorption, and numerous 

biological reactions in the period observation. In contrast to optical techniques, that 

aren't sensitive to water-associated adsorbable proteins, changes in total coupled 

mass, such as hydrodynamically coupled water offer the frequency shift of the QCM. 

A recent extension of the technique shows the simultaneous measurement of energy 

dissipation and provides new insight into the protein adsorption process. Using QCM, 

multichannel detection is feasible on a one-chip system. 
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Surface Plasmon Resonance (SPR) spectroscopy is well-known to allow us to study 

the kinetics of antigen-antibody, protein-protein, and receptor-ligand interactions in 

real-time without any labeling molecule. The capture molecules are immobilized on a 

gold surface and an unlabeled analyte is added. The change in the reflection angle of 

light indicates the number of target molecules captured on the surfaces. SPR 

spectroscopy is a versatile tool but enables the analysis of only a few channels in a 

single experiment. A massive number of samples to have adhered to the gold surfaces 

of the microassay is usually required for this technique. Very recently, the SPR 

imaging technique has been rather popular for the detection of molecular interactions 

in a parallelized fashion. The assay format can be adapted to study hundreds of 

molecular interactions within a single experiment. 

Anomalous reflection (AR) of gold was reported to effectively observe biomolecular 

interactions. The reductions in reflectivity will considerably change in the range of 

wavelength of 400-500nm when a molecule layer forms on the gold surface. This 

enables the detection of molecular interactions by observation for changes in 

reflectivity. The advantages of the AR technique include, firstly thickness of the 

dielectric layer on the gold surface is often expected using the transfer matrix 

technique, therefore enabling quantitative measurement of surface-bound proteins. 

Secondly, in contrast to plasmon techniques that strictly limit the gold thin-film 

thickness; the utilization of semi-infinite gold thin-film (practically over 100 nm) is 

proper for AR detection; Thirdly, it's tolerance in incidence angle, that allows the use 

of incoherent light source like light-emitting diodes (LEDs); Fourthly, the AR 

technique doesn't need any complicated optical setup, the miniaturized system is easy 
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to build; and lastly for microarray functions, the spatial resolution of the AR 

technique is 10 times smaller than that of SPR. Therefore, the AR technique might 

offer a promising platform for high-throughput bio-molecular detection. Illumination 

with LED lights at a certain incidence angle and the direct collection of the reflected 

light enabled this technique to be the best appropriate for chip-format detection. 

However, the sensitivity of the technique is about one-tenth that of the SPR 

technique. 

 

1.4 Impedance based biosensors used in protein detections 

Electrical biosensors rely only on the measuring of currents and/or voltages to detect 

the binding of proteins. Therefore, excludes sensors that need illumination (e.g., SPR 

or fluorescence), or use mechanical motion (e.g., quartz crystal microbalance or 

resonant cantilevers), or use magnetic particles, etc. benefits from their low cost, low 

power, and easy miniaturization, electrical biosensors hold good promise for 

applications wherever minimizing size and cost is crucial, for example, point-of-care 

diagnostics and clinical applications. 

Electrical biosensors can be categorized as consistent with how the electrical 

measurement is performed, such as voltammetric, amperometric/coulometric, and 

electric impedance sensors. Voltammetry and amperometric involve measurement of 

the current at an electrode as a response of applied electrode-electrolyte voltage, 

which usually is DC or pseudo-DC and on purpose modification the electrode 

conditions. In contrast, measuring the electrical impedance of an interface in an AC 

steady state with constant DC bias conditions is the most common configuration of 
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impedance biosensors. As mentioned below, most frequently this is often 

accomplished by imposing a small AC voltage at a specific frequency and measuring 

the resulting current, the method will be recurrent at several different frequencies. 

The current-voltage ratio provides the impedance. This approach, called 

electrochemical impedance spectroscopy (EIS), has been accustomed to study several 

different electrochemical phenomena over a wide frequency range. If the resistivity of 

the electrode-solution interface changes once the target analyte is captured by the 

probe, EIS will be used to observe that resistivity modification. as an alternative, the 

resistivity or capacitance of the interface could also be measured at some certain 

frequency. There is no need for special reagents of the impedance measurement, 

which is amenable to label-free operation as are explained in the latter paragraph. For 

this review, we tend to define affinity impedance biosensors as techniques for the 

detection of biological molecules by measurement impedance changes of the capture 

probe layer. 

A closely related however separate category of biosensors operates by field-effect 

modulation of carriers within a semiconductor due to adjacent charged particles. Ion 

sensitive field-effect transistors (ISFETs) and other types, such as EnFETs, BioFETs, 

etc. are the examples with similar principles but different in mechanisms operate in 

carbon nanotubes (CBTs), electrolyte insulator semiconductor structures, thin-film 

transistors, and light-sensitive potentiometric sensors. These field-effect sensors 

depend on the interaction of external charges with carriers that exists in the 

semiconductor and thus exhibit high sensitivity at low ionic strength where counter 

ion shielding is reduced, typically explained in a very recent review and proved by 
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the low salt concentrations often used. Even if the responses of field-effect transistor 

sensors are often quantified in terms of channel conductance or capacitance of the 

electrolyte-insulator-semiconductor interface, we tend to limit to cases in which only 

the impedance of the target biological layer is measured. Some biosensors are also 

classified as capacitive biosensors, whose measurements are based on the probe 

insulator semiconductor interfaces, where both inside the semiconductor and also at 

the intervals would possibly induce the capacitive changes. 
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Chapter 2: Nanowell impedance sensor modeling 

2.1 Introduction to impedance sensor modeling 

EIS combines the analysis of both the resistive and capacitive properties of materials 

based on the perturbation of a system at equilibrium by a small amplitude sinusoidal 

excitation signal [47]. The potential of EIS is that the impedance of the system can be 

scanned over a wide range of AC frequencies [48]. The equivalent circuit model 

analysis provides an informative perspective of the interpretation of impedance 

spectrum data and demonstrated as a pivot technique for analysis, characterization of 

coating, batteries, and fuel cells study [49] [50] [51]. It has also been used extensively 

as a tool to investigate electrode kinetics, conducting polymers, semiconductors, 

sensors, animal and plant tissues, and general material  [52] [53] [54]. Biosensors are 

constructed to monitor a biological reaction at the surface of electrodes [55]. A 

variety of biomolecules have been used as basic detection elements of AC 

impedimetric biosensors with varying degrees of success. Various studies including 

enzymes, antibodies, DNA/ RNA, cells, and microorganisms have been immobilized 

onto the surface of electrodes to develop impedimetric biosensors [56].  

 

2.2 Modeling of nanowell sensor  

A nanowell impedance sensor consists of a pair of overlapping electrodes with a thin 

dielectric layer sandwiched in between. An array of wells embedded into the 

overlapping area creates a conductive path between the top electrode and the bottom 



16 
 
 

 
 

electrode. Probe antibodies are immobilized inside the wells. The impedance between 

the two electrodes is monitored in real-time. As proteins bind to the antibodies inside 

the wells, the impedance between the two electrodes increases. This increase is due to 

the partial occlusion of ions passing between the electrodes. The quantity of target 

protein present in the serum in the wells will determine the ultimate drop-in current 

measured between the electrodes. The equivalent circuit model of a nanowell device 

is shown in Figure 2-1.  

 

Figure 2-1 Equivalent circuit model of nanowell device 

The model consists of the oxide layer capacitance ( 𝐶𝑜𝑥 ), which represents the 

capacitance of the electrical insulation layer between the two electrodes, in parallel 

with a series structure of two double-layer capacitances ( 𝐶𝑑𝑙 ), and the solution 

resistance (𝑅𝑠). The oxide layer capacitance and the double-layer capacitances are 

both constructed of two parallel plates, whose capacitances can be calculated using 

the following simple formula:  

𝐶 =  
𝜀 ∗ 𝐴

𝑑
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where ε is the electric constant of the medium, A is the area of overlap of two 

electrodes, and d is the separation gap between two electrodes.  

In the case of the oxide layer capacitance, the area is the overlap area of the sensor, 

but except for the wells, while d is the thickness of the electrical insulation layer with 

an electric constant of 𝜀𝐶𝑜𝑥
= 16.7 𝜀0, which gives 𝐴𝐶𝑜𝑥

= 321.46 µm
2
, 𝑑𝐶𝑜𝑥

 = 40 nm, 

and the capacitance of the oxide layer 𝐶𝑜𝑥  = 1.188 ×  10−12  F. The double-layer 

capacitances appear at the interface between a conductive electrode and an adjacent 

liquid electrolyte. At this boundary, two layers of charge with opposing polarity form, 

one at the surface of the electrode and one in the electrolyte. These two layers, 

electrons on the electrode, and ions in the electrolyte are typically separated by a 

single layer of solvent molecules that adhere to the surface of the electrode and act as 

a dielectric in a conventional capacitor. 𝐴𝐶𝑑𝑙
 is equal to the area of trace 𝐴𝑡𝑟𝑎𝑐𝑒 , 

is 63.48 ×  10−8 m
2
. And the double layer capacitances have 2 components due to 

the electrolyte, and the oxide layer.  

𝐶𝑑𝑙 =  
𝜀𝑃𝐵𝑆 ∗  𝐴𝑡𝑟𝑎𝑐𝑒

𝑑𝑃𝐵𝑆
+  

𝜀𝑜𝑥 ∗  𝐴𝑡𝑟𝑎𝑐𝑒

𝑑𝑜𝑥
= 4.5 ×  10−7 𝐹 

where 𝜀𝑜𝑥 = 16.7* ε0 , 𝜀𝑃𝐵𝑆 = 80 *ε0 , 𝑑𝑃𝐵𝑆= 1 nm and 𝑑𝑜𝑥 = 40nm. 

The resistance of the solution can be calculated by 𝑅𝑠 =  𝜌
𝐿

𝐴
, where ρ is the resistivity 

of the solution, L is the length of the wire (in this case, the gap between two 

electrodes), and A is the intersection area of the wire. However, for the nanowell 

device, the intersection area is not the size of the nanowells because the top electrodes 
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are patterned with the well structure. The calculation of the effective radius of the 

wells is necessary. A simulation of the electric potential of the device was run with 

COMSOL 5.1, and the results are shown below in Figure 2-2. 

 

Figure 2-2 COMSOL simulation results of the normalized electrical field of nanowell sensor  

The effective radius can be defined as the distance between the sidewall of the well 

and the point on the sensor surface where the electric potential decreases to 1 𝑒⁄  of its 

maximum value. According to the simulation results, the effective radius is 45 nm. 

Considering an electrical effective well whose area is equal to the ring area of the 

effective radius, and it results in the electrical effective well size R’ = 296 nm. Given 

all the values shown above, the resistance of the solution, 
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𝑅𝑠 =  𝜌
𝐿

𝐴′
=

0.625∗40 𝑒−9

25∗ 𝜋∗ (296𝑒−9)2
= 3.633 𝑘Ω. 

As shown in Figure 2-1, the impedance of the device can be interpreted in terms of 

oxide layer capacitance ( 𝐶𝑜𝑥 ), double-layer capacitance ( 𝐶𝑑𝑙 ), and the solution 

resistance (𝑅𝑠). The function of impedance as the varying frequency can be found 

using the following:  

𝑇(𝑠) =  
−2𝜔2𝑅𝑠𝐶𝑜𝑥𝐶𝑑𝑙 +  𝜔2𝑅𝑠𝐶𝑑𝑙(2𝐶𝑜𝑥 + 𝐶𝑑𝑙)

𝜔4𝑅𝑆
2𝐶𝑜𝑥

2 𝐶𝑑𝑙
2 +  𝜔2(2𝐶𝑜𝑥 + 𝐶𝑑𝑙)2

 

−𝑗 (
𝜔3𝑅𝑠

2𝐶𝑑𝑙
2 𝐶𝑜𝑥 + 2𝜔(2𝐶𝑜𝑥 + 𝐶𝑑𝑙)

𝜔4𝑅𝑠
2𝐶𝑜𝑥

2 𝐶𝑑𝑙
2 +  𝜔2(2𝐶𝑜𝑥 + 𝐶𝑑𝑙)2

) 

The frequency spectrum of the system impedance and its real and imaginary 

components are shown below in Figure 2-3. 

 

Figure 2-3 Impedance Spectrum information of nanowell model 
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At 𝑓 = 2𝜋𝜔 = 1 MHz, the real component of the impedance is about 3.6 kΩ, while 

the imaginary component is 30 Ω, less than 1% of the real component, which shows 

the system impedance is real component dominant.  

As proteins bind to the antibodies inside the wells, the impedance between the two 

electrodes increases. To be specific, the resistance of the solution 𝑅𝑠 would change to 

𝑅𝑠 +  𝑅𝑝 , where 𝑅𝑝 represents the resistance of binding protein.  

Then, the calculation of the resistance of binding protein is the pivot question in the 

modeling. An analysis with a combination of the assumption of considering the 

protein size as a sphere and Maxwell’s approximation of expression for the effective 

resistivity has been done to calculate the exact 𝑅𝑝 value. The direct calculation or 

simulation of the impedance of a single protein molecule is quite profound and 

complicated. We propose an assumption to simplify the question that considering the 

single protein molecule as a solid sphere whose volume is equal to the equivalent 

volume of the protein molecule. To be specific, the dimensions of human Interleukin 

6 protein are approximately 8.3 nm * 6.1 nm * 5.5 nm, which results in the diameter 

𝑑𝑝 of the equivalent volume sphere being 8.1 nm. An expression for the effective 

resistivity 𝜌𝑒𝑓𝑓 of a dilute suspension of insulating spheres in a solution of spheres in 

suspension is introduced in Maxwell’s approximation resistivity ρ. Put in terms of the 

volume fraction f of the spheres in suspension, Maxwell’s approximation is 𝜌𝑒𝑓𝑓 =

 𝜌 (1 +
3𝑓

2
+···). If we consider a 5*5 array of nanowells of diameter D and length 

𝑑𝑔𝑎𝑝 filled with a fluid of resistivity ρ, then the resistance approaches  
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𝑅 =  
𝜌 ∗ 𝑑𝑔𝑎𝑝

25 ∗ 𝜋 ∗ (
𝐷
2)2

=  
4 ∗  𝜌 ∗  𝑑𝑔𝑎𝑝

25 ∗  𝜋 ∗  𝐷2
 

The resistivity of the medium will change to 𝜌𝑒𝑓𝑓 =  𝜌 (1 +
3𝑓

2
+···) due to the newly 

introduced particles, where the volume fraction is 

𝑓 =  

4
3 𝜋(

𝑑𝑝

2 )3

𝜋(
𝐷
2)2𝑑𝑔𝑎𝑝

=  
2𝑑𝑝

3

3𝐷2𝑑𝑔𝑎𝑝
 

Then, changing the expression of volume fraction into effective resistivity equation, 

we have, 

𝑅𝑛𝑒𝑤 =  
𝜌𝑒𝑓𝑓 ∗  𝑑𝑔𝑎𝑝

𝑁 ∗ 𝜋 ∗ (
𝐷
2)

2 =  
4 ∗ 𝑑𝑔𝑎𝑝

𝑁 ∗ 𝜋 ∗ 𝐷2
∗ 𝜌 ∗ (1 +

3

2
∗

2𝑑𝑝
3

3𝐷2𝑑𝑔𝑎𝑝
+···) 

≈  
4𝜌𝑑𝑔𝑎𝑝

𝑁𝜋𝐷2
 +  

4𝜌𝑑𝑝
3

𝑁𝜋𝐷4
= 𝑅 + 𝑅𝑝 

Thus, the impedance change of a single protein molecule  

𝑅𝑝 =  
4𝜌𝑑𝑝

3

𝑁𝜋𝐷4
 

where 𝑑𝑝 is the diameter of an equivalent volume sphere equal to 8.1 nm, N is the 

number of nanowells (25 in this case), and D is the electrical effective well diameter 

(592 nm). The impedance change of a single protein molecule based on the sphere 

model and Maxwell’s approximation is 0.1377 Ω. 
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Then, the quantification of the binding protein amount is also needed. Introducing 

Damkohler Number here, 

𝐷𝑎 =  
𝑘𝑜𝑛𝑏𝑚𝐿

𝐷𝐹̃
 

where 𝑏𝑚 is the surface concentration of receptors on the sensor;  𝑘𝑜𝑛 is the binding 

constant that represents the rate of target protein binding to the receptors on the 

surface with the units of number/ M·s; L is the sensor length, and D is the diffusion 

rate of protein with the unit of m
2
 /s. 𝐹̃  is the dimensionless collection function, 

𝐹̃ =  
𝐽𝐷

𝐷𝑐𝑜𝑊𝑠
, which describes the total collection rate against the total diffusion rate. In 

that function, JD is the total collection rate in the unit of number/M. 

As mentioned previously, the impedance of the device will change due to the binding 

of the target protein, and it is clear that the impedance response is in proportion to the 

amount of binding protein. A calculation of the amount of binding protein has been 

done based on the absorption kinetics. Assume the surface absorption follows the 

first-order Langmuir kinetics, which makes the following assumptions: 1. the protein 

molecules are considered as hard spheres and the binding sites are flat and uniform; 2. 

the molecules are effectively well diluted and uniformly distributed to assume that the 

variations of the concentration do not affect the properties of the fluid, and 3. the 

process continues until the surface reaches its dimension limit or saturation. The 

surface concentration b(t) of receptors that are bound by target molecules obeys 

𝜕𝑏

𝜕𝑡
=  𝑘𝑜𝑛𝑐𝑠(𝑏𝑚 − 𝑏) − 𝑘𝑜𝑓𝑓𝑏 
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where 𝑏𝑚is the surface concentration of receptors on the sensor, 𝑘𝑜𝑛 and 𝑘𝑜𝑓𝑓 are the 

binding constant that represents the rate of target protein binding to the receptors on 

the surface and the rate bound protein strips off from the receptors on the surface with 

the units of 1/M·s and 1/s, respectively. Binding depends on the concentration of 

unbound sites (𝑏𝑚 − 𝑏) and on target protein concentration 𝑐𝑠 at the sensor surface, 

whereas target molecules de-bind in proportion to the bound concentration. For the 

reaction limits type sensor  𝑐𝑠  ≈  𝑐0 , the bulk concentration of target protein and 

surface concentration of receptors can be solved from the previous equation, as 

following,  

𝑏(𝑡)

𝑏𝑚
=  

𝑐0
𝐾𝐷

⁄

1 + 
𝐶0

𝐾𝐷
⁄

 (1 − 𝑒−(𝑘𝑜𝑛𝑐0+𝑘𝑜𝑓𝑓)𝑡) 

where the equilibrium dissociation constant 𝐾𝐷 =  𝑘𝑜𝑛 𝑘𝑜𝑓𝑓⁄  appears as a natural 

concentration scale. The fraction of bound receptors in equilibrium 𝑏𝑒𝑞 is given by 

𝑏𝑒𝑞

𝑏𝑚
=  

𝑐0
𝐾𝐷

⁄

1 +  
𝐶0

𝐾𝐷
⁄

 ≡  
𝑐̃

1 + 𝑐̃
 

where  𝑐̃ =  𝑐0 𝐾𝐷⁄  is the concentration, non-dimensionalized by the natural 

concentration scale 𝐾𝐷. The density of active binding sites 𝑏𝑚 depends strongly on 

the immobilization procedure, and extensive effort has been directed toward 

optimizing binding efficiency. The typical active binding sites’ density ranges 

from 109– 1012/ 𝑐𝑚2. Given a range of active binding sites’ density, the fraction of 
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bound receptors in equilibrium 𝑏𝑒𝑞 is a function of bulk concentration, as Figure 2-4 

shows. 

 

Figure 2-4 Binding site number on sensor surface at different bulk concentration 

 

2.3 Results of modeling of nanowell sensor  

The total bound receptors number at equilibrium is, 

𝑁𝑒𝑞 =  𝑏𝑒𝑞 ∗  𝑏𝑚 ∗ 𝐴 

and the total impedance change is, 

𝛥𝑅𝑡𝑜𝑡𝑎𝑙 =  𝑁𝑒𝑞 ∗  𝑅𝑝 

Therefore, the total resistance change can be described as a function of the fraction of 

bound receptors in equilibrium 𝑏𝑒𝑞, which is determined by the bulk concentration, as 

Figure 2-5 shows. 
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Figure 2-5 Resistance change of nanowell sensor at different bulk concentration of IL6 

Figure 2-6 shows the model results for tumor necrosis factor-α (TNF-α). 

 

Figure 2-6 Resistance change of nanowell sensor at different bulk concentration of TNF-α 

We also studied the quantitative relationship between total impedance change and 

nanowell diameter. The effective binding area increases with the increment in the 

nanowell radius. However, the number of wells in the nanowell array decreases in 



26 
 
 

 
 

terms of unit area, which is the dominant factor that results in the total resistance 

change, which is larger with the smaller nanowell radius, as Figure 2-7 shows. 

 

Figure 2-7 Resistance change of nanowell sensor at the different well size 

According to the theory, total impedance change is equal to the impedance change 

due to single protein binding times the binding amount, 

𝛥𝑅𝑡𝑜𝑡𝑎𝑙 =  𝑁𝑒𝑞 ∗  𝑅𝑝 

and  

𝑁𝑒𝑞 =  𝑏𝑒𝑞 ∗  𝐴 𝑎𝑛𝑑 𝑅𝑝 =  
4𝜌𝑑𝑝

3

𝑁𝜋𝐷4. 

Given certain concentrations of the target protein, the beq is a constant. The decrement 

of the well diameter would affect the effective sensor area A and electrical effective 

well diameter D. 

Defining the well diameter is d with the unit of nm, and then electrical effective well 

diameter follows, 
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𝜋 ∗  𝑑2 −  𝜋 ∗ (𝑑 − 45)2 =  𝜋 ∗ 𝐷2 

𝐷2 = 90 ∗ 𝑑 − 45 ∗ 45. 

We can also see that if d is less than 22.5, D
2
 is a negative value, which makes no 

sense. In a situation where d is less than 22.5, the whole well area is all effective, so 

the electrical effective well diameter D is the diameter of the well d.  

𝐷2 = 90 ∗ 𝑑 − 45 ∗ 45, 𝑤ℎ𝑒𝑛 𝑑 > 22.5 

𝐷 = 𝑑 , 𝑤ℎ𝑒𝑛 𝑑 < 22.5 

The total effective sensor area A = π * D
2 

* N, where N is the number of wells, equals 

(10*10
3
*d) 

2
. 

Therefore, 

𝛥𝑅𝑡𝑜𝑡𝑎𝑙 =  𝑁𝑒𝑞 ∗  𝑅𝑝 =  𝑏𝑒𝑞 ∗  𝐴 ∗  
4𝜌𝑑𝑝

3

𝑁𝜋𝐷4
=  𝑏𝑒𝑞 ∗

4𝜌𝑑𝑝
3

𝐷2
=

𝐾

𝐷2

=  
𝐾

90 ∗ 𝑑 − 45 ∗ 45
 , 𝑤ℎ𝑒𝑛 𝑑 > 22.5  

𝛥𝑅𝑡𝑜𝑡𝑎𝑙 =  
𝐾

𝑑2
 , 𝑤ℎ𝑒𝑛 𝑑 < 22.5. 

Therefore, with the decrement of well diameter, the sensitivity of the sensor increases 

and maximizes out when the well diameter reaches the effective width (~22.5 nm). 

Beyond this turning point, the sensor would lose sensitivity, as the decrement of well 

diameter is decreasing the effective area.  
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Chapter 3: Label-free Assay for Quantitatively Assessment of 

Cytokine levels 

Label-free electronic affinity-based immunosensing is an attractive candidate as a 

platform technology for analyzing biomarkers due to the ease of miniaturization and 

the minimal use of reagents. Electronic-based sensing approaches, however, have 

lagged behind their optical counterparts in terms of detection limit, selectivity, and 

reliability. In addition, the matrix- dependent nature of electronic sensing modalities 

analyzes biomarkers in high salt concentration samples such as serum difficult due to 

charge screening. We present a novel sensing platform, the nanowell sensor, which 

works by functionalizing nanoscale volume wells with antibodies and monitoring the 

impedance change inside the wells due to the binding of the target protein. This 

detection modality is advantageous to many label-free electronic sensors in that signal 

power scales with increases in salt concentration, thus improving the sensitivity of the 

platform. We demonstrate real-time label-free quantification of cytokines within 10 

minutes at femtoMolar concentrations and a dynamic range of three orders of 

magnitude in serum samples. We describe the design, fabrication, and 

characterization of the nanowell sensor in serum samples using inflammatory protein 

biomarkers.  

3.1 Introduction 

Affinity based biosensors detect proteins and nucleic acids through the 

immobilization of probe molecules on a transducer substrate to attain specificity in 
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the detection of the target macromolecule of interest. In the context of protein 

detection, protein array technologies provide a valuable platform for functional 

proteomic analysis [57]. A protein microarray provides a multi-functional platform 

enabling comprehensive and high throughput studies, which can be widely used in 

biomarker validation studies [58], a study of protein-protein interactions [59], protein-

DNA interactions [60], and detection of various antigens and antibodies [61]. Among 

affinity-based biosensing technologies, there are two major detection strategies, label-

based and label-free. Both approaches have their merits and disadvantages. Label-

based technologies typically achieve lower detection limits and higher selectivity, yet 

require multiple steps. Label-free techniques tend to lag behind their labeled 

counterparts in terms of detection limit and specificity, yet often can be performed in 

a single step, while also enabling real-time monitoring and determination of the 

binding kinetics involved in the interaction [62][63].  

Label-free biosensing technologies, both optical and electrical, have shown 

significant promise in the research setting and the literature [64][65], however, have 

had difficulty moving beyond the lab and progressing to commercialization, or more 

importantly clinical translation [66][67]. In the context of protein biomarker 

detection, exceptions include plasmonic-based technologies like BIAcore [68] and 

photonic technologies such as BioLayer interferometry [69]. IonTorrent, a 

commercially available label-free electronic CMOS based technology for DNA 

sequencing, has shown promise for relatively low-cost genome sequencing [70]. The 

ability to accurately assay biological samples to the extent where it can be used for 

reliably attaining measurements in animal or human studies requires minimizing 
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measurement inconsistency, device variability, and also must be capable of accurate 

detection of biomarkers in biological matrices like blood, which is highly complex 

and has high salt concentration. Electronic detection technologies, such as charge 

based sensing using nanowire FETs and impedance sensing based on debye layer 

modulation, often operate effectively in low salt environments [71].  

High salt concentration results in charge screening and minimizing the debye layer 

thickness to approximately 1 nm, thus making E-fields unable to penetrate beyond the 

length of the capture antibody (10-20 nm). A novel approach based on incorporating a 

porous biomolecule permeable layer on the sensor which increases the effective 

screening length in the region immediately adjacent to the device has also been 

presented [72]. Using this approach, they detected PSA in 100 mM Phosphate Buffer 

at a detection limit of 10 nM. The primary challenge faced by label-free technologies 

stems from measurement variability and inconsistency, thus not being suitable for 

reliable quantification of molecular levels. The first and foremost reason is that 

stochastic variation in levels of binding greatly increases as biosensors excessively 

miniaturize down to the nano regime [73]. The probability of diffusion of the analyte 

and its subsequent binding to the sensor surface decreases significantly when the 

sensor active area dimensions are in the nano- regime. Hassibi et al. developed a 

comprehensive noise model examining the effects of scaling on the solution to the 

Fokker-Planck equation and analyte binding fluctuation and demonstrated that scaling 

down significantly reduces the achievable repeatability and dynamic range of 

biosensors. This can potentially explain one of the reasons why technologies such as 

BIAcore, BioLayer Interferometry, and IonTorrent, which are all micro-scale 
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detection technologies, have been successfully commercialized while nanoscale label-

free technologies, such as nanowires [64] and Surface-Enhanced Raman Scattering 

[74], have had difficulty making it out of the lab, despite the promise they have 

shown in the literature.  The problem of inconsistency is even more pronounced in 

nano-sensors that have been fabricated using bottom-up synthesis approaches, that 

show great sensitivity, yet repeatability is a major problem resulting from batch to 

batch fabrication variations. Thus, top-down fabrication approaches have shown 

promise to work with higher precision. Probe-free detection modalities, such as 

Surface-Enhanced Raman Scattering (SERS), are highly dependent not only on the 

binding rate of molecules with the sensor surface but also on the orientation of the 

binding analyte [75], thus inconsistency is an issue even for precisely patterned 

sensors using top-down fabrication approaches. Label-free sensing approaches have 

also lagged behind their fluorescence-label based counterparts due to lack of long-

term reliability resulting from electrode corrosion and fowling. Additionally, 

nanopore-based sensing is an established method for achieving extremely high 

sensitivity, even at physiological salt concentrations.  Functionalized nanopores have 

been shown to achieve selectivity in protein detection [76]. Label-free protein sensing 

with low detection limits has been demonstrated using nano-textured materials. 

Detection of proteins in blood or serum using label-free impedance-based techniques 

is difficult due to the high salt concentration of the matrix, which results in the 

screening of the charge of the target proteins. In this work, we describe a novel 

sensing configuration where sensitivity is enhanced as the salt concentration of the 
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matrix increases. We demonstrate robust performance through repeated testing in rat 

serum.  

 

3.2 Nanowell Array Impedance Sensor 

The nanowell impedance sensor consists of a pair of overlapping electrodes with a 

thin dielectric layer sandwiched in between. An array of wells embedded into the 

overlapping area creates a conductive path between the top electrode and the bottom 

electrode. Probe antibodies are immobilized inside the wells. The impedance between 

the two electrodes is monitored in real-time. As proteins bind to the antibodies inside 

the wells, the impedance between the two electrodes increases. This increase is due to 

the partial occlusion of ions passing between the electrodes. The quantity of target 

protein present in the serum will determine the ultimate drop-in current measured 

between the electrodes. A higher salt concentration results in a larger current and thus 

higher signal power corresponding to larger changes in the current due to protein 

binding, making the sensor ideal for the quantification of proteins in high salt content 

matrices such as serum. Figure 3-1 shows the nanowell array label-free impedance 

sensor schematic. 
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Figure 3-1 Nanowell Array Label-free Impedance sensor schematic 

The sensor consists of a stack of two gold electrodes in which the bonding pads 

accessing each are located on opposite sides of the chip. The two electrodes extend 

from the bonding pads to the center of the chip such that they overlap each other with 

an area of 20 μm x 20 μm. Lock-in-amplification is used to measure the AC current 

passing through the electrode inside the wells. Figure 3-2 shows the measurement 

setup using a lock-in amplifier. 
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Figure 3-2 Measurement setup using lock-in-amplifier 

 

3.3 Materials and Methods 

Sensor fabrication 

The following fabrication procedure was used to form the sensors on a glass 

substrate. The first electrode was fabricated using standard photolithography, electron 

beam evaporation of gold, and lift-off processing. The metal layer consisted of a 5 nm 

layer of chromium to enhance the adhesion of the gold film to the substrate and a 100 

nm gold layer on top. A 40 nm layer of aluminum oxide was deposited onto the first 

electrode using atomic layer deposition. The second electrode layer (again consisting 

of 5 nm chromium and 100 nm gold) was patterned using the same procedure as for 

the first layer. Another 40 nm layer of aluminum oxide was deposited on top of the 

second electrode using atomic layer deposition to serve as a protection against 
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fouling. A layer of photoresist was spin-coated onto the wafer. An array of micron-

sized holes was photo-patterned onto the overlapping area of the two electrodes. 

Multiple wet etch steps were performed to remove the top aluminum oxide layer 

(buffered oxide etchant), the gold and chromium layer (gold and chromium etchant), 

and the bottom aluminum oxide layer (buffered oxide etchant) inside the wells. The 

photoresist was then stripped off. A second photomask was used to pattern 

photoresist to protect the sensors to be able to etch off various parts of the alumina 

outside of the sensing region to expose the glass surface. Devices with 20 μm x 20 

μm and 100 μm x 100 μm overlapping areas are shown in Figure 3-3A and Figure 3-

3B. 

 

Figure 3-3 Microscopic images of micro-fabricated sensors of differing sizes and array size 

and density. A) 9 well and B) 144 well array device 

 A fluidic cell, for confining the liquid, made of PDMS was then bonded on top of the 

sensor substrate using oxygen plasma treatment. The fluidic cell consists of a 

millimeter diameter well that allows for fluid to be directly incubated onto the 

substrate.  

Electrical Impedance Spectroscopy Sensor Characterization 
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It is critical to understand the impedance behavior of the system to determine the 

optimum frequency region for performing real-time measurements. We used a 

potentiostat (Gamry Instruments, Warminster, PA, USA) to characterize the 

impedance spectrum of the biosensor devices, as shown in Figure 3-4. Real and 

imaginary components of the device’s impedance measured at different frequencies 

are shown in Figure 3.5. 

 

Figure 3-4 Magnitude and Phase of Impedance spectrum of device. Device starts out 

capacitive at low frequencies and response becomes dominated by solution resistance as 

frequency is increased beyond 100 KHz 
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Figure 3-5 Real component and imaginary component of device impedance 

We performed impedance measurements on a multitude of fabricated sensors ranging 

from 10 Hz to 3 MHz. The impedance was dominated by the double-layer 

capacitance until 100 KHz. Beyond 100 KHz, the impedance flattened out and 

became dominated by resistance. Therefore, we chose to operate at a frequency of 1 

MHz to monitor changes in ionic resistance as a result of antigen-binding. 

Reagent Preparation and Antibody Immobilization 

Antibodies and target proteins were suspended in phosphate-buffered saline (PBS). 

Monoclonal anti-human leptin IgG antibodies (MAB510, R & D Systems, 

Minneapolis, MN, USA) were suspended in PBS at a concentration of 0.2 mg/ml. The 

target cytokine used in this study, human leptin (510RT, R & D Systems), was 

suspended in concentrations ranging from 6 nM to 6 fM. During the experiments, the 

target cytokine buffer was mixed with pure rat serum at a 1:1 ratio. We spiked the 

target human cytokine in rat serum to test the effects of the background matrix on the 

sensor while ensuring that the endogenous levels of the rat leptin cytokine that may or 
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may not be present in the rat serum would not interfere with the sensor during control 

experiments. The antibodies were physically adsorbed onto the sensor surface by 

injecting 5 μl of anti-leptin solution into the sensor well and incubating for 10 

minutes.  

Real-Time Impedance measurements 

Figure 3-2 above shows a schematic of our test setup. We formed a 1 mm sized well 

on top of the sensor to confine the fluid. Reagents were sequentially added manually 

to the well, and the complex impedance was monitored in real-time. The impedance 

inside the nanowells was measured using a multi-frequency lock-in amplifier (Zurich 

Instruments HF2IS, Zurich, Switzerland). The AC excitation source, providing 0.4 V 

at a frequency of 1 MHz, was connected to one of the electrodes, and the second 

electrode was connected to the input of the lock-in amplifier, where the real and 

imaginary components of the impedance were both acquired.  

 

3.4 Results and Discussion 

To perform measurements with maximum sensitivity, it is extremely critical to 

capture impedance changes occurring in the sensors as biological binding events 

occur in real-time. Tests were initially performed in purified samples. In Figure 3-6, 

the output of the lock-in amplifier is shown as an empty well and is filled with PBS.  
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Figure 3-6 Output voltage of lock-in amplifier as PBS is added to an empty channel 

The output voltage, or the current across the electrodes, increased by two orders of 

magnitude. This means the impedance across the electrodes decreased by two orders 

of magnitude, which is expected because of the high conductivity of the buffer. As a 

negative control, a blank PBS sample was added to the well, resulting in a minimal 

shift in baseline in the positive direction, as Figure 3-7 shows. 

 

Figure 3-7 Output voltage of lock-in amplifier as blank PBS is added (negative control) 
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In the next step, anti-leptin antibodies were added to the wells, and the antibodies 

were physically adsorbed to the gold surface, as Figure 3-8 shows.  

 

Figure 3-8 Output current of lock-in amplifier as adsorption of IgG to the sensor surface 

When the channel becomes filled with PBS and antibodies are added to the mix and 

adsorb inside the well, a decrease in output voltage or an increase in impedance is 

observed. This is consistent with our model, where the presence of protein resulted in 

the occlusion of an ionic current passing between the electrodes, thus increasing 

resistance, as Figure 3-9 shows. 
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Figure 3-9 Input current of lock-in amplifier as binding of leptin to anti-leptin IgG 

A unique exponential pattern to these drops in voltage (or rise in impedance) is 

observed, which is consistent with time-dependent behavior of antigen-antibody 

binding. This is similar to the response observed with SPR-based biosensors. The 

time scale to reach saturation is approximately 10–15 minutes. Figure 3-8 shows 

representative data of the sensor response with respect to time as the monoclonal 

antibody (anti-Leptin IgG) physically adsorbed in the channel, resulting in an 

exponential drop in the baseline. Figure 3-9 shows the sensor response with respect to 

time as the leptin in the solution bound to the electrode surface-functionalized with 

anti-leptin IgG, resulting in a 4.37% drop in the current across the electrodes. The 

fluid in the well was then aspirated, as Figure 3-10 shows, to remove extra antibodies 

in the solution. PBS was then re-injected, as Figure 3-11 shows.  
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Figure 3-10 Output voltage of lock-in amplifier as extra antibodies removed from well 

 

Figure 3-11 Output voltage of lock-in amplifier as PBS re-injected 

Again, as a negative control, PBS was added on top of the existing solution. As a 

negative control, a blank solution of PBS was injected, resulting in a rise in the 

current (a drop in impedance was observed, likely due to desorption of antibodies), as 

Figure 3-12 shows.  
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Figure 3-12 Input current of lock-in amplifier as blank PBS injected as the negative control 

For negative control experiments, the current across electrodes generally rises by 1%. 

This was seen with all negative control experiments and is likely due to antibody 

desorption. The addition of the target antigen (leptin) resulted in an exponential drop 

in current with a signature similar to that observed during antibody immobilization 

(Figure 3-9). Accumulation of protein due to non-specific binding increased the ionic 

resistivity inside the well. A non-target cytokine was injected into the well as a 

negative control. The current response was similar to that of the addition of a blank 

PBS sample, as Figure 3-13 shows. 
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Figure 3-13 Output voltage of the lock-in amplifier as non-target cytokine injected (negative 

control) 

 The relative change in impedance observed for each step is illustrated in Figure 3-14.  

 

Figure 3-14 Illustration of experimental protocol for device validation and resulting 

percentage changes in impedance. Antibody adsorption and protein binding inside well 
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results in decrease in impedance. Negative control steps (adding blank samples or non-

targeted protein) results in positive change in current. 

After determining the optimum operating frequency and establishing functionality of 

the device, we set out to determine the optimum device geometry to detect the protein 

binding in the well. We fabricated devices with nanowells of different diameters. 

Figure 3-15 shows the results of repeated tests (in triplicate for each diameter) of 

varying well diameters. We observe that a smaller diameter allows for a larger 

normalized change in baseline impedance resulting from antibody adsorption inside 

the well compared to larger diameter wells.  

 

Figure 3-15 Relationship between sensor response to protein binding and well diameter 

(Left) measured in triplicate over 3 different well sizes and (Right) the current across the 

electrodes versus time for 2 μm, 3 μm, and 4 μm diameter wells 

We also tested devices with oxide thicknesses of 30 nm and 40 nm to determine 

which provides better sensitivity. The devices with 40 nm thickness showed a larger 

change in normalized impedance when the antibody physically adsorbed inside the 

well compared to those with 30 nm thickness. As 40 nm thicknesses already provided 
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a strong response, further testing was performed using 40 nm thick oxide devices with 

2 μm diameter wells. 

Upon the successful demonstration of sensor operation in purified samples and the 

optimization of geometry, we quickly moved on to characterizing sensor performance 

in spiked serum samples. The procedure to prepare and prime the sensors for the 

positive and negative control experiments is similar to that illustrated in Figures 3-8, 

3-9, and 3-12. In all experiments, a negative control sample of serum from a healthy 

rat mixed with PBS (1:1 ratio) was used as a negative control, showing a response 

similar to that of blank samples. Rat serum (Sigma Aldrich, St. Louis, MO, USA) 

samples spiked with human leptin at a 1:1 ratio with PBS showed a response similar 

to that of leptin in the purified buffer.  

To showcase the agnostic nature of the platform technology, its utility to other target 

proteins, and its resilience to non-target proteins of higher abundance, we 

immobilized the sensor with alternate antibodies, including anti-TNF-α IgG (R & D 

Systems). Figure 3-16 shows the response when testing rat serum spiked with 1 nM 

of two non-target cytokines, interleukin 6 (IL-6) (R & D Systems) and IL-4 (R & D 

Systems), both with and without 1 pM of the target protein TNF-α (R & D Systems).  
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Figure 3-16 Sensor response to the sample spiked with i) target protein (TNFα) at 1 pM and 

non-target proteins (Il6 and Il4) at 1 nM and ii) Negative control (serum spiked with non-

target protein 1nM of Il6 an TNFα) 

As seen, when the target protein (TNF- α) is present in the serum, the characteristic 

exponential decay over a period of minutes until reaching saturation is observed, 

whereas in the case of the negative control the sensor reaches its minimum value 

within seconds and then begins rising. 

A titration experiment was performed to determine sensor response as a function of 

analyte concentration. The concentration range tested included human leptin spiked 

into rat serum 60 pM all the way down to 6 fM. The titration curve for testing 2-

micron diameter nanowell sensors is shown below in Figure 3-17.  
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Figure 3-17 Titration curve for concentrations ranging from 60 pM down to 6 fM. Error bars 

are standard deviation over 3 points. Negative control (NC) is also included. Background 

level is defined where change in impedance across electrodes is no longer positive. 600 fM is 

clearly above background. Detection limit is 300 fM. 

Reliable detection of leptin is shown 300 fM and higher. All negative control 

measurements were performed using non-spiked rat serum to ensure that sensor 

fouling did not result in false-positive signals. As seen in Figure 3-17, the sensor has 

a dynamic range spanning three orders of magnitude (100 fM to 10 pM). All 

experiments were performed by spiking leptin into rat serum and were performed in 

triplicate. All negative control measurements were performed using non-spiked rat 

serum to ensure that sensor fouling did not result in false-positive signals. 

3.5 Conclusion 

We present a novel label-free biomolecular sensing modality that consists of an array 

of antibody functionalized nanoscale wells embedded with electrodes to monitor 
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changes in ionic resistance as a target protein binds inside the wells. The key novelty 

and advantage of this sensor geometry are that the high salt concentration of serum 

serves to improve the sensitivity of the system, as opposed to traditional label-free 

sensing approaches that work based on changes in capacitance or charge, which are 

limited by screening. High salt concentration increases the conductivity of the media, 

which increases the baseline signal power and thus improves the overall signal-to-

noise ratio. As a result, we were able to reliably and repeatedly detect target cytokines 

spiked in serum at concentrations as low as 100 fM with a dynamic range of three 

orders of magnitude within 10 minutes. In a practical setting, a single step involving a 

sample injection would be sufficient to perform a sample to answer analysis using the 

nanowell sensor. This ease of use can enable a plethora of applications ranging from 

medical diagnostics to environmental monitoring and food safety. We emphasize that 

while we only demonstrated singleplex detection using a leptin cytokine spiked in 

serum, the platform can be applied to a wide range of biomarkers. Multiplex analysis 

can be performed by fabricating an array of sensors, where each sensor is fabricated 

with antibodies targeting different proteins. The readout electronics utilized in this 

study consisted of a benchtop lock-in amplifier; however, a miniaturized portable or 

wearable lock-in amplifier could be used instead, with wireless transmission 

capabilities and a readout on a smartphone.   
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Chapter 4: Multiplexed protein assay measurements with embedded 

micro-processor 

Advances in biosensor technologies for in vitro diagnostics have the potential to 

transform medical research. Many studies with high sensitivity and selectivity have 

been reported in the biosensor field over the past few decades. However, rare 

platforms can be ubiquitously performed in the clinical samples with high sensitivity 

and scalability. A major limitation confounding other technologies is a signal 

distortion that occurs in various matrices due to heterogeneity in high ion 

concentrations and a long elapse of time. We developed a nanowell sensor-based 

multiplexed protein assay that can perform cytokine detection with down to single 

pico-molar level sensitivity. The assay can be implemented with an embedded 

processor platform that enables multiple sensors simultaneously and can perform 

temporal measurements over a long period. We also performed the titration curve for 

multiple rat cytokines, including TNF-α, IL-4, and IL-10, with a dynamic range of 

five orders of magnitude. 

 

4.1 Introduction 

Medical decision making significantly relies on molecular testing. Quantitative 

detection of the specific proteins in serum and other bodily fluids is the cornerstone of 

many diagnostic tests to direct therapy in various areas of clinical medicine. 

[77][78][79][80] Protein array technologies provide a valuable platform for functional 

proteomic analysis, enabling comprehensive and high throughput studies. In the vast 
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majority of protein detection platforms, affinity-based biosensors are the most 

majority type, which detects proteins through the immobilization of probe molecules 

on a transducer substrate to attain specificity in detection of the target macromolecule 

of interest. [81] There are two major detection strategies, label-based and label-free, 

among affinity-based biosensing technologies. Label-based technologies typically 

advanced in detection limits and selectivity, yet require multiple steps. ELISAs [82], 

protein microarrays [83], and quantum dot [84] are some label based detection 

platforms; the readout is based on a fluorescent or colorimetric signal. Label-free 

techniques often have fewer steps while lag behind in detection limits and specificity 

compared to the label-based technique. Nanowires [85], micro-cantilevers [86], 

carbon nanotubes [87] and electrochemical biosensors [88] are several reported state-

of-art techniques [89]. 

Both optical and electrical-based label-free biosensing technologies have shown 

significant promise in the laboratory setup and in the research reports, however, have 

experienced difficulty moving beyond the lab and even progressing to 

commercialization, or more critical clinical translation [90][91][92]. The ability to 

accurately assay biological samples to the extent where it can be used for reliably 

attaining measurements in animal or human studies requires minimizing measurement 

inconsistency, device variability, and also must be capable of accurate detection of 

biomarkers in biological matrices like blood, which is highly complex and has high 

salt concentration [93] [94]. For example, nanowires, micro-cantilevers, carbon 

nanotubes, and electrochemical biosensors rely on charge-based interactions between 

the protein or molecule of interest and the sensor, making each system unreliable in 
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conditions of varying pH and ionic strength. A 0.14 M salt solution (similar to human 

serum) has sufficient Debye screening, approximately 1 nm, to shield nanowires from 

detecting protein binding events of the capture antibody (10-20 nm). Accordingly, 

these sensors require a further step of present the samples in pure water or precisely 

controlled salt solutions, which brings difficulties to practical settings. For nanowires 

to detect proteins in serum samples, for example, desalting steps must be performed 

before detection. Therefore, transiting the highly sensitive and selective protein 

detection of an ideal buffer environment in the research setup into diverse biological 

matrices in the clinical settings posts the new challenges and difficulties [95] [96].  

Although the complexity of a serum matrix poses challenges, our group developed an 

impedance-based nanowell sensor that can benefit from the higher salt concentration. 

A pair of overlapping electrodes has an insulation layer deposited between them. 

Within the overlapping area, a conductive path between the top electrode and the 

bottom electrode was created through a well array pattern, as Figure 4-1 shows.  

 

Figure 4-1 Nanowell Array Label-free Impedance sensor schematic 

The impedance between the two electrodes is monitored in real-time and is affected 

by the molecules inside the well. Various types of probe antibodies can be 

immobilized inside the wells, as Figure 4-2 shows. 
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Figure 4-2 Nanowell Array Label-free Impedance sensor with antibodies and proteins 

The impedance between the top and bottom electrodes would increase as the target 

protein molecules bind to the probe antibodies inside the wells, which is due to the 

partial occlusion of ions being conducted between the electrodes. The quantity of 

target protein exists in the matrix, and the well size of the array will determine the 

final amplitude of impedance increment. A higher salt concentration results in a 

larger current and thus higher signal power corresponding to larger changes in current 

due to protein binding, making the sensor ideal to quantify proteins in high salt 

content matrices, such as serum. Using a sensor chip containing an array of up to 28 

sensors and implementing with an embedded microprocessor through the MUX chip, 

we conducted multiplexed cytokine detection and a series of titration experiments for 

each cytokine. Array photos are shown in Figure 4-3, and a photo of the device photo 

is shown in Figure 4-4. 
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Figure 4-3 Nanowell Sensor Array photo 

 

Figure 4-4 Device Sensor photo of 5*5 nanowells 

4.2 Materials and Methods 

Sensor fabrication 

The sensor fabrication began with patterning the bottom electrode on a glass wafer. 

The electrode was fabricated following standard photolithography, electron beam 

evaporation of metal, and lift-off processing. The metal layer consists of a 5 nm layer 

of chromium to enhance the adhesion of the gold film to the substrate and a 100 nm 

gold layer on top. A 40 nm layer of aluminum oxide was deposited onto the bottom 

electrode using atomic layer deposition. The top electrode (again consisting of 5 nm 

chromium and 100 nm gold) was patterned using the same procedure as for the 

bottom one. Another 40 nm layer of aluminum oxide was deposited on top of the top 

electrode using atomic layer deposition to serve as protection against fouling. A layer 
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of photoresist was spin-coated onto the wafer. An array of micron-sized holes was 

photo-patterned onto the overlapping area of the two electrodes. Multiple wet etch 

steps were performed to remove the top aluminum oxide layer (buffered oxide 

etchant), the gold and chromium layer (gold and chromium etchant), and the bottom 

aluminum oxide layer (buffered oxide etchant) inside the wells. The photoresist was 

then stripped off. A second photomask was used to pattern photoresist to protect the 

sensors to be able to etch off various parts of the alumina outside of the sensing 

region to expose the glass surface. Devices with a 20 μm x 20 μm overlapping area 

are shown in Figure 1D. A fluidic cell array made of PDMS to confine the liquid was 

then bonded on top of each sensor substrate using oxygen plasma treatment. The 

array consists of 4*7 single cells, with each fluidic cell being a millimeter in 

diameter, which allows for fluid to be directly incubated onto the substrate.  

 

Reagent Preparation and Antibody Immobilization 

Antibodies and target proteins were suspended in PBS. Monoclonal rat TNF-alpha 

antibodies (MAB510, R & D Systems) were suspended in PBS at a concentration of 

0.5 mg/ml. The target cytokines used in this study were recombinant rat TNF-alpha 

protein (510RT, R & D Systems), recombinant rat IL-6 protein (506RL, R & D 

Systems), and recombinant rat IL-4 protein (522RL, R & D Systems) suspended in 

PBS at concentrations ranging from 10 fM to 1 nM. During the experiments, the 

target cytokine buffer was mixed with pure rat serum (R9759, Sigma Life Science) at 

a 1:1 ratio. We spiked the target cytokine in rat serum to test the effects of the 

background matrix on the sensor while ensuring that the endogenous levels of the 
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target cytokines (TNF-alpha, IL- 6, and IL- 10) that may or may not be present in the 

rat serum would not interfere with the sensor during control experiments. The 

antibodies were physically adsorbed onto the sensor surface by injecting 5 μl of 

antibodies solution into the sensor well and incubating for 10 minutes.  

  

Real-Time impedance sensor measurements 

The real-time impedance sensor experiment started with pipetting 20 μl 1x PBS into 

the well, which was made of PDMS to confine the liquid on the sensor. The complex 

impedance was monitored in real-time. This step changes the sensor environment 

from air into a high- conductivity electrolyte solution, resulting in a huge impedance 

decrease. Next, 5 μl 1x PBS was injected into the well, serving as the negative control 

in the experiment. This was followed by injecting 5 μl antibodies solution, 5 μl non-

target cytokines buffer, and 5 μl target cytokines buffer into the sensor well 

sequentially. The impedance inside the nanowells was continuously measured using a 

multi-frequency lock-in amplifier (Zurich Instruments HF2IS). Each step lasted 10 

minutes. The AC excitation source, providing 0.4 V at a frequency of 1 MHz, was 

connected to one of the electrodes, and the second electrode was connected to the 

input of the lock-in amplifier, where the real and imaginary components of the 

impedance were both acquired. 

 

Titration curves of rat TNF- α, and IL- 4, and IL- 6 

The titration curves experiment for the impedance sensor consisted of a series of real-

time impedance sensor measurements with different concentrations of target 
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cytokines ranging from 10 fM to 1 nM. All measurements followed the same 

procedure as mentioned above; the only difference was the concentration of the target 

cytokine solutions. We also measured the titration curves with the commercially 

available Luminex kit MILLIPLEX® map high sensitivity t cell magnetic bead panel 

(MHSTCMAG-70K, EMD Millipore, Burlington, MA). We performed the Luminex 

test according to the provided protocol with standards run in triplicate and samples in 

duplicates.  

 

Multiplexed protein assay measurements with embedded micro-processor  

For multiplexed protein assay experiments, multiple sensors were activated in 

sequence via a MUX chip, which was controlled by an embedded microprocessor 

(Raspberry PI). The processor was programmed to sequentially enable a single output 

of the MUX chip, gathering the impedance information of the connected sensor one 

piece at a time. Next, a 1 nM TNF- α, IL- 4, and IL- 6 sample solution was pipetted 

into three different sensors simultaneously. The impedance information of all sensors 

was collected over all experiments. 

 

Temporal profiling of cytokines with embedded micro-processor  

Seven different concentrations of a TNF-α sample ranging from 1 pg/ml to 1 μg/ml 

were pipetted into the sensor at different times in sequence. All sensors were 

functionalized with TNF- α antibodies using an identical process, each sensor was 

exclusively enabled via the MUX chip, and the impedance information of the sensor 

was obtained sequentially. Before adding the target cytokine samples into the sensor, 
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all sensors went through the non-target cytokine step, eliminating the non-specific 

binding interference. 

 

4.3 Results and Discussion 

Sensor performance characteristics 

To evaluate the sensitivity and dynamic range of our assay, we compared titration 

curves obtained using our impedance sensor arrays to those obtained using the 

Luminex technique, the current gold standard in protein detection. Here, we decided 

to detect TNF-α, a well-known biomarker that plays a central role in inflammation, 

immune system development, apoptosis, and lipid metabolism. We spiked the target 

protein into a 1x PBS solution. To obtain high specificity, we immobilized a 

monoclonal capture antibody on a sensor surface, as Figure 4-5 shows. 

 

Figure 4-5 Normalized impedance measured using lock-in amplifier as adsorption of IL6 

antibody to sensor surface 

To eliminate the effects of the background matrix on the sensor, we mixed the spiked 

target protein solution with a pure rat serum matrix, as Figure 4-6 shows.  
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Figure 4-6 Normalized impedance measured using lock-in amplifier as binding of IL6 to IL6 

antibodies 

In both the Luminex and the impedance sensor assay, we used the same capture and 

detection antibodies (for the Luminex, the tag was streptavidin–horseradish 

peroxidase). We performed quantitative protein detection down to the single 

picogram per microliter. The trends of impedance change are different between the 

buffer with target cytokines and without target cytokines, as Figure 4-7 shows. 

 

Figure 4-7 Input current of lock-in amplifier as the buffer without target cytokines 

The impedance increases by about 3% to 4.5%, depending on the type of cytokine, 

while the negative control samples and the target cytokine-free samples have about 
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2% and 2.5% decreases, respectively. This happens in every single experiment, as 

Figure 4-8 shows. 

 

Figure 4-8 Impedance data measured by lock-in amplifier of multiple target proteins. A) 

TNF- α, B) IL6, C) IL4, and D) Comparison among the listed 3 proteins 

In addition, an examination of these data shows that our impedance nanosensors have 

linear calibration curves over five orders of magnitude, ranging from single pg/ml to 

tens ng/ml. We obtained similar performance characteristics in detecting IL-4 and IL-

10, both of which play important roles in the acute phase reaction of inflammation.  

 

The sensor response to serum matrix 

Various exceptionally sensitive protein detection techniques using a variety of 

nanosensing technologies have been reported, such as nanowires, micro-cantilevers, 

carbon nanotubes, magnetic, and bio-barcode assays. A more substantial challenge, 

however, is the application of such sensitive protein detection to biological samples in 

non-ideal situations. A serum matrix is highly complex and has a high salt 
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concentration. This results in charge screening and minimizing the Debye layer 

thickness to approximately 1 nm, thus making E-fields unable to penetrate beyond the 

length of the capture antibody (10–20 nm). This represents a bottleneck for various 

techniques. However, the sensitivity of the impedance-based nanowell sensor benefits 

from the high salt concentration of the matrix. Higher salt concentration results in a 

larger current and thus higher signal power corresponding to larger changes in the 

current due to protein binding. As proteins bind to the antibodies inside the wells, the 

impedance between the two electrodes increases. This increase is due to the partial 

occlusion of ions passing between the electrodes. The quantity of target protein 

present in the serum will determine the ultimate drop-in current measured between 

the electrodes, as well as the impedance across the sensor electrodes. Furthermore, 

the blank controls in both PBS and serum yielded the same signal, indicating that the 

complexity of the serum matrix did not contribute any remarkable background noise 

to our sensors. These were the first major steps in confirming a matrix-insensitive 

detection platform. 

Assay generalizability, which describes the sensing technique, can be used in 

different cytokines, such as TNF-α, IL-6, and IL-10. We next investigated the 

device’s generalizability for diverse target cytokines by comparing the detection 

signal of different cytokines in PBS and serum, a more complex matrix. Detection 

signals were remarkably similar in the three cytokines over the entire range of protein 

concentrations tested. As Figure 4-9 a-c shows, IL-6, IL-4, and TNF- α all have a 

response to the samples whose concentration starting from a single pg/ml level and 

increase to about 4% impedance change at 100 ng/ml. 
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Figure 4-9 Titration curve of multiple proteins with comparison of nanowell sensor and 

Luminex. A) TNF- α, B) IL6, and C) IL4 

A first-order polynomial regression curve was found for each titration curve 

respectively and showed in Figure 4-10.  
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Figure 4-10 Regression models of multiple proteins from 1 pg/ml to 10 ng/ml. A) TNF- α, B) 

IL6, and C) IL4 

Besides the R
2
 of each regression curve labeled, the formula of impedance change in 

percentage (y in the formula) and the concentration of the target cytokine with log 10 

scale (x in the formula) is also calculated.  
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The multiplex cytokines assay detection 

A compelling application of our nanowell technology is the multiplex profiling over 

time of serum tumor markers in individuals with various cytokines. Rapid, sensitive, 

and multiplex diagnostic tools to monitor the progression of tumors will have a high 

impact not only on clinical diagnostics but also on biomedical research investigating 

key components in signaling pathways involved in tumor growth, invasion, and 

malignant transformation, as well as on monitoring response to therapies. The 

multiplexed cytokine detection platform we developed consists of three identical 

nanowell sensors. Each sensor functions with a single type of cytokine antibody, 

namely TNF-α, IL-4, and IL-6 antibodies for sensors A, B, and C, respectively, and 

impedance is measured sequentially. The three sensors all showed a virtually identical 

response when the target cytokine buffer was introduced to the sensor, as Figure 4-11 

shows.  
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Figure 4-11 Output voltage of lock-in amplifier as the protein injected during the whole 

experiment process. A) TNF- α, B) IL6, and C) IL4 

In addition, as we can see in Figure 4-11, a step of target-cytokine-free serum buffer 

was also injected into the sensor before the target cytokine spiked sample buffer as 

the negative control, and give the different pattern to the response of the target 
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cytokine spiked sample, which indicate the background non- target binding is not a 

significant disturbance.  

 

Temporal cytokine profiling with embedded computer 

We then applied our nanowell sensors to monitor real-time binding events of multiple 

concentration samples over a long period. We functionalized all the nanowell sensors 

with TNF-α antibody, a representative biomarker of inflammation, apoptosis, and 

immune system development. We analyzed a total of seven reaction conditions of the 

sensors simultaneously with the embedded computer platform. The impedance 

information of the seven sensors was measured sequentially; this was repeated 

periodically. The seven sensors were activated at different times by pipetting different 

cytokine samples into them. Additionally, target cytokine-free samples were 

introduced as negative controls and did not show a significant response; this means 

the non-target binding is not misleading the experiments. We observed a clear 

impedance increment in the sensors with a high concentration of target cytokines 

(sensors 4–7 in Figure 4-12) and a decrease in impedance for the sensors with a low 

concentration of target cytokines (sensors 1–3 in Figure 4-12). 
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Figure 4-12 Temporal cytokine profiling with embedded computer controlled 7 sensors array 

 

4.4 Conclusion 

We present a novel label-free cytokine sensing platform that consists of sensor arrays 

and an embedded control component. The sensor arrays are made of 4* 7 sensors, and 

each sensor is functionalized with an antibody in the nanowells and embedded with 

the electrodes which proceeding an impedance measurement as the target protein 

binds inside the wells. The key advantage of the nanowell sensor is that the sensor 

can benefit from the high salt concentration of serum, which results in improved 

sensitivity of the system and the availability of a combination of the technique to the 

in vivo clinical applications. High salt concentration increases the conductivity of the 

media, which increases the baseline signal power, thus improving the overall signal-

to-noise ratio. In addition, the time-multiplexed measurement can be performed 

through the embedded control component, which sequentially enables the sensors 

immobilized with different antibodies. As a result, we were able to reliably and 
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repeatedly detect three types of multiplexed cytokines spiked in serum at 

concentrations as low as 300 fM with a dynamic range of three orders of magnitude. 

We also applied our nanowell sensors to monitor real-time binding events of multiple 

concentration samples over a long period through the embedded control platform. In a 

practical setting, a single step involving a sample injection would be sufficient to 

perform up to four different types of multiplexed samples for analysis using the 

sensor platform. This ease of use can enable a plethora of applications ranging from 

medical diagnostics to environmental monitoring and food safety. The readout 

electronics utilized in this study comprised a benchtop lock-in amplifier; however, a 

miniaturized portable or wearable lock-in amplifier could be used instead with 

wireless transmission capabilities and a readout on a smartphone. 
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Chapter 5: Quantification of mouse clinical samples with rheumatoid 

arthritis 

Rheumatoid arthritis (RA) is an autoimmune and inflammatory disease where the 

immune system attacks healthy cells by mistake, causing inflammation of synovial 

cells. Causes and activation factors are still unclear, but CD4+ T cells are currently 

assumed to play a primary role. Cytokines also play indispensable roles in the 

process; for example, TNF-α and IL-6 contribute to joint inflammation in RA. The 

quantification of such cytokines can be very useful in monitoring the disease, 

analyzing the pathway behind it, and assessing the effects of therapy.  

In this chapter, we obtained the titration curves of three different mouse cytokines, 

IL-6, TNF-α, and IL-10, built a regression model, and compared nanowell sensing to 

the Luminex technique. We tested 20 clinical mouse samples with RA and compared 

the nanowell sensing results to the other metrics. 

 

5.1 Introduction 

Rheumatoid arthritis (RA) is a chronic inflammatory disease characterized by swollen 

and tender joints and the progressive destruction of cartilage and bone, leading to 

significant morbidity and increased mortality [97]. The most common treatments are 

the use of traditional disease-modifying anti-rheumatic drugs (DMARDs), biologic 

agents, tofacitinib, and glucocorticoids, which usually target defined molecular and 

NOT adapt to individual treatment. Overdosing and under-dosing are common in 

such drug-based therapies [98]. The recently discovered cholinergic anti-
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inflammatory pathway has been extensively studied because of its role in modulating 

the mammalian immune response and has enabled the development of a new 

therapeutic paradigm [99][100]. A robust neural-immune interaction in which 

peripheral nerves interact and communicate with the local environments and the 

effects on the activity of the immune system enables this pathway. It is postulated that 

in response to infection or injury, the parasympathetic vagus nerve transmits signals 

from the brain to the adrenergic splenic nerve, which interacts with splenic immune 

cells [101]. When the vagus nerve is stimulated by an electrical current, this neural-

immune reflex is triggered, resulting in an inflammatory response to infection or 

tissue injury [102]. In some previous studies, Vagus nerve stimulation (VNS) has 

been reported to play a crucial pivot role in the reduction of in vivo cytokine 

production during endotoxemia in rat and mouse models, to be exact, a significant 

reduction of TNF, IL-1, and other cytokines. VNS has also been used to treat arthritis 

in animal models, in studies on inflamed joints, and even to treat RA in human 

patients [97][103][104]. In addition to implanted electrical stimulation, ultrasound-

based therapy has also been shown to be an effective method for the splenic 

cholinergic anti-inflammatory pathway [105][106]. The quantification of some 

specific cytokines that play a crucial role in the inflammatory response to infection is 

a significant and effective method to assess the severity of disease and the effects of 

therapy. 

We collaborated with the team lead by Dr. Hubert H. Lim and Dr. Daniel P. Zachs at 

the University of Minnesota. They provided 20 RA mouse samples. They applied 

ultra-sonicated therapeutic methods to these mice and measured them with several 
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metrics, such as ankle thickness and clinical score. In this study, we used a nanowell 

impedance sensor to quantify the specific cytokine levels of the clinical mouse 

samples, exploring the correlations between cytokine levels and the assessments of 

the corresponding RA mouse sample. 

 

5.2 Titration curves of mouse cytokine IL6, TNF-α, and IL10 

The quantification of cytokines, such as TNF- α and IL-6, helps in monitoring 

disease, the effects of treatment, and the pathology model. The methodology of 

quantification using the nanowell sensor is obtaining the titration curves of mouse IL-

6, IL-10, and TNF-α using the standard concentration sample firstly, and deriving the 

regression model formula, and then analyzing the mouse serum sample with the 

nanowell quantification method, compared to other metrics. A series of titration curve 

experiments that describe the relationship between target protein concentration and 

sensor response was performed with target proteins (mouse TNF-α, IL-6, and IL-10). 

In each titration curve, six different concentrations were studied—60 fM, 600 fM, 6 

pM, 60 pM, 600 pM, and 6 nM. We used the nanowell sensor to quantify the response 

at each concentration. The times series data of output voltage of mouse IL-6 as the 

target protein whose concentration ranging in 6 nM to 60 fM are shown in Figure 5-1 

below. Figure 5-1 shows the sensor response to mouse IL-6 at different 

concentrations; 1a corresponds to 1nM, 1b corresponds to 100 pM, and so on. 
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Figure 5-1 Output voltage response to different concentration of mouse IL6 samples. A) 1 

nM, B) 100 pM, C) 10 pM, D) 1 pM, E) 100 nM, and F) 10 nM 

 

We also looked at mouse TNF-α and mouse IL-10, both of which play a crucial role 

in the immune process response to RA. In addition to acquiring the titration curve of 

three different proteins using the nanowell sensor, we did the same using the gold 

standard Luminex technique and made a comparison. For the titration curves, we 

studied the response in terms of output voltage change in percentage for the nanowell 

sensor and the MFI (Median Fluorescent Intensity) reading for the Luminex 

technique as Figure 5-2, Figure 5-3, and Figure 5-4 shows. The titration curve of 

mouse IL-6 was triplicated at each concentration and the error bar was labeled. 
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Figure 5-2 Titration curve of mouse IL6 

 

Figure 5-3 Titration curve of mouse TNF-α 

 

Figure 5-4 Titration curve of mouse IL10 
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As we can see in the titration curves above, both the nanowell impedance sensor and 

the Luminex technique show a wide dynamic range from about single pM to single 

nM. The nanowell impedance sensing is comparable to the Luminex technique. 

 

5.3 Study of Clinical sample of the mouse with rheumatoid arthritis  

The study of clinical RA mouse samples requires quantifying the target protein 

concentration in the samples. A regression model based on the titration curves of 

specific target proteins shown previously was analyzed using MATLAB to find the 

optimized fitting curve and formula. Regression models of the Luminex technique 

were also built for each protein. Figures 5-5, Figure 5-6, and Figure 5-7 below show 

the regression model of mouse IL-6, TNF-α, and IL-10 using both the nanowell 

sensor and the Luminex technique. 



75 
 
 

 
 

 

Figure 5-5 Regression model curve of mouse IL6 with A) Nanowell and B) Luminex 

The formula of nanowell sensor response in terms of output voltage change in 

percentage and the concentration is derived based on the regression model using 

experimental results above.  

𝑌 = 0.02144 ∗ 𝑋 + 0.0003245 

Where Y is the predicted output voltage change in percentage and X is the 

concentration of IL6 with a log10 scale in pM. R
2
 = 0.9241 for the above regression 

model. 

The formula of Luminex response in terms of Luminex MFI and the concentration 

based on the regression model using experimental results above is also derived. 
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𝑌 = 412.8 ∗ 𝑒1.351∗𝑋 

Where Y is the predicted Luminex MFI, and X is the concentration of IL6 with a 

log10 scale in pM. R
2
 = 0.9992 for the above regression model. 

 

Figure 5-6 Regression model curve of mouse TNF-α with A) Nanowell and B) Luminex 

The formula of nanowell sensor response in terms of output voltage change in 

percentage and the concentration is derived based on the regression model using 

experimental results above.  

𝑌 = 0.3601 ∗ 𝑋 + 0.1368 
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Where Y is the predicted output voltage change in percentage and X is the 

concentration of TNF-α with log10 scale in pM. R
2
 = 0.9241 for the above regression 

model. 

The formula of Luminex response in terms of Luminex MFI and the concentration is 

derived based on the regression model using the experiment results above.  

𝑌 = 738.1 ∗ 𝑒0.6056∗𝑋 

Where Y is the predicted Luminex MFI, and X is the concentration of TNF-α with a 

log10 scale in pM. R
2
 = 0.9211 for the above regression model. 

 

Figure 5-7 Regression model curve of mouse IL10 with A) Nanowell and B) Luminex 
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The formula of nanowell sensor response in terms of output voltage change in 

percentage and the concentration is derived based on the regression model using 

experimental results above.  

𝑌 = 1.599 ∗ 𝑋 + 0.1376 

Where Y is the predicted output voltage change in percentage and X is the 

concentration of IL10 with log10 scale in pM. R
2
 = 0.9275 for the above regression 

model. 

The formula of Luminex response in terms of Luminex MFI and the concentration is 

derived based on the regression model using the experiment results above.  

𝑌 = 6 ∗ 𝑒2.115∗𝑋 

Where Y is the predicted Luminex MFI, and X is the concentration of IL10 with a 

log10 scale in pM. R
2
 = 0.9956 for the above regression model. 

After achieving the regression model formula for IL-6 with the nanowell sensor and 

the Luminex technique, we found a correlation curve between predicted concentration 

with the nanowell sensor and the Luminex technique, as shown in Figure 5-8 below. 

We also compared the predicted concentration of the nanowell sensor and the 

Luminex technique to the standard concentration by putting the standard 

concentration into the corresponding regression model formula, as shown in Figure 5-

9 below. 



79 
 
 

 
 

 

Figure 5-8 Correlation curve between predicted concentration with nanowell sensor and with 

Luminex 

 

Figure 5-9 Comparison between prediction of standard concentration sample using nanowell 

sensor and Luminex  

We can see that the two methods have a high correlation coefficient, which indicates 

the methods are comparable and of the same quality in terms of sensitivity.  
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The mouse clinical samples were provided by the team leaders Dr. Hubert H. Lim and 

Dr. Daniel P. Zachs at the University of Minnesota. They provided 20 RA mouse 

samples. They applied ultra-sonicated therapeutic methods to these mice and 

measured them with several metrics, such as ankle thickness and clinical score. 

We then compared the cytokine quantification with ankle thickness and clinical score. 

Ankle thickness was measured with a caliper, as is standard in rodent models of 

arthritis. A higher value means severe inflammation. Ankle thickness changes were 

measured with a caliper, and composite clinical scores were determined based on the 

established method of assessing rodent arthritis severity on a 0-12 scale; in brief, each 

paw was assigned a clinical score between 0 and 3, with 0 indicating no swelling. 

Figure 5-10 shows the response of the nanowell sensor with respect to ankle 

thickness, and Figure 5-11 shows the response of the nanowell sensor with respect to 

clinical scores. 

 

Figure 5-10 Response of nanowell sensor wrt ankle thickness of clinical mouse samples 
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Figure 5-11 Response of nanowell sensor wrt clinical score of clinical mouse samples 

 

The RSQ (Correlation Coefficient) between the cytokine-induced electrical change in 

IL-6, TNF-α, and IL-10 with respect to ankle thickness is 0.826162178, 0.722093006, 

and 0.768111568, respectively. The RSQ coefficient between the cytokine-induced 

electrical change in IL-6, TNF-α, and IL-10 with respect to clinical score is 

0.59470324, 0.667842607, and 0.582194163, respectively. 

All three types of cytokines show an increasing trend in terms of the increment in 

ankle thickness, which indicates the severity of arthritis. Mice with severe RA tend to 

have a higher level of cytokines. 

 

5.4 Conclusion  

We obtained the titration curves of mouse IL-6, TNF-α, and IL-10 that describe the 

relationship between the nanowell sensor responses in terms of output voltage change 
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and the target protein concentration. All three titration curves showed a wide dynamic 

range over three orders of magnitude and similar precision and sensitivity compared 

to the Luminex technique. We also built regression models for the three mouse 

cytokines and used the model to analyze the clinical mouse samples with arthritis. We 

also found correlations between the nanowell sensing results and other metrics for all 

20 mouse samples.  
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Chapter 6: Quantification of human clinical samples with 

inflammatory arthritis 

In this chapter, I discuss some of my most recent results of the study on the cytokines 

TNF-α, IL-6, and IL-10 as biomarkers. The results include the model predictions 

using the model discussed in Chapter 2, titration curves of each cytokine using 

standard concentration samples, a comparison of titration curves between the 

nanowell sensor and the gold standard Luminex technique, the regression model, and 

concentration prediction formulas based on the titration curves of each cytokine, and 

the results of human sample measurements. 

 

6.1 Introduction 

Inflammatory cytokines and chemokines, such as IL-6, TNF-α, and IL-1, are 

immediately produced in response to infections and tissue injuries and contribute to 

host immune through the stimulation of acute-phase responses, hematopoiesis, and 

immune reactions [107] [108] [109][110]. The serum level of such cytokines and 

chemokines in patients is an informative indicator of the severity of the disease, 

including asthma [111], visceral disease [112], arthritis [113] [101], and respiratory 

syndrome including SARS, MERS, and COVID-19 [114] [115][116]. A rapid, 

accurate, and reliable protein assay is necessary to quantify the target cytokine level, 

to observe the effects of drug treatments, to make treatment decisions, and to obtain a 

better understanding of the disease. A nanowell impedance sensor can be utilized 
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with different cytokines and provides a single pg/ml level detection in a single step of 

sample to answer setup, which makes the technique, is a good candidate. 

 

6.2 Modeling and standard titration curve 

First, we compared the results of the titration curves of the nanowell sensor and the 

gold standard Luminex technique for all three types of proteins, TNF-α, IL-6, and IL-

10 of humans. Both curves are performed at five different concentrations ranging 

from 0.1 pg/ml–1000 pg/ml, with triplicate experiments of each concentration. 

Figures 6-1 through 6-3 show the titration curves of both the nanowell impedance 

sensor and the Luminex technique for TNF-α, IL-6, and IL-10, respectively. In each 

figure, the results of the nanowell sensor in terms of impedance change in percentage 

are indicated by blue columns, while the Luminex results in terms of MFI counts with 

log scale are indicated by a red line. 

 

Figure 6-1 Titration curves of human TNF-α with nanowell sensor and Luminex 
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Figure 6-2 Titration curves of human IL6 with nanowell sensor and Luminex 

 

 

Figure 6-3 Titration curves of human IL10 with nanowell sensor and Luminex 

According to the theory, total impedance change is equal to the impedance change 

due to single protein binding times the binding amount, 

𝛥𝑅𝑡𝑜𝑡𝑎𝑙 =  𝑁𝑒𝑞 ∗  𝑅𝑝 

and  

𝑁𝑒𝑞 =  𝑏𝑒𝑞 ∗  𝐴, 
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where 𝑏𝑒𝑞 is the surface concentration of bond receptors on the sensor; typical active 

binding sites’ density ranges from 109– 1012/ 𝑐𝑚2. A is the sensor surface area. 

Given a range of active binding site density, the fraction of bound receptors in 

equilibrium 𝑏𝑒𝑞 is a function of bulk concentration, 

𝑏𝑒𝑞

𝑏𝑚
=  

𝑐0
𝐾𝐷

⁄

1 +  
𝐶0

𝐾𝐷
⁄

 ≡  
𝑐̃

1 + 𝑐̃
, 

where  𝑐̃ =  𝑐0 𝐾𝐷⁄  is the concentration, non-dimensionalized by the natural 

concentration scale 𝐾𝐷. Thus,  

𝑁𝑒𝑞 =  𝑏𝑒𝑞 ∗  𝑏𝑚 ∗ 𝐴 =  

𝑐0
𝐾𝐷

⁄

1 +  
𝐶0

𝐾𝐷
⁄

∗ 𝑏𝑚 ∗ 𝐴 . 

However, impedance change due to single protein binding 𝑅𝑝, which derived in 

chapter 2,  

𝑅𝑝 =  
4𝜌𝑑𝑝

3

𝑁𝜋𝐷4, 

where 𝑑𝑝 is the diameter of the equivalent volume sphere equals 8.1 nm, N is the 

number of nanowells (25 in this case), and D is the electrical effective well diameter 

(592 nm). 

Bringing everything together, we have 

𝛥𝑅𝑡𝑜𝑡𝑎𝑙 =  𝑁𝑒𝑞 ∗  𝑅𝑝 =  
𝑐0

𝐾𝐷
⁄

1+ 
𝐶0

𝐾𝐷
⁄

∗ 𝑏𝑚 ∗ 𝐴 ∗
4𝜌𝑑𝑝

3

𝑁𝜋𝐷4
=  

𝑐0

𝐾𝐷+𝑐0
∗ 𝐶𝑜𝑛𝑠𝑡. 

Total impedance change ΔR is a function of the bulk concentration of the target 

protein, which follows the format of  
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ΔR ∝  
𝑐0

𝐾𝐷+𝑐0
∗ 𝐶𝑜𝑛𝑠𝑡 =

𝐴∗𝑐0+𝐵

𝐶∗𝑐0+𝐷
 . 

If we quantify the impedance change with percentage, defined as ΔR/𝑅𝑠, where 𝑅𝑠 is 

the original resistance of the solution, is also a constant. We can find that it is still a 

function of the bulk concentration of the target protein c0, following the format above.  

The formula of impedance change in percentage and the concentration of TNF-α is 

then derived based on the regression model using the experiment results above. In 

𝑌 =  
0.1 ∗ 𝑋 + 0.6369

𝑋 + 72.94
 

Y is the predicted impedance change in percentage, and X is the concentration of the 

sample in pg/ml. The regression model curves of TNF-α are shown in Figures 6-4 and 

6-5 below. 

 

Figure 6-4 regression model curve of TNF-α with nanowell sensor 

The formula for the Luminex MFI counts and the concentration is derived based on 

the regression model using the experiment results above. In 

𝑌 =
1.578 × 104 ∗ 𝑋 + 9147

𝑋 + 3.053
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Y is the predicted Luminex MFI count, and X is the concentration of the sample in 

pg/ml. 

 

Figure 6-5 regression model curve of TNF-α with Luminex 

Likewise, the formula for impedance change in percentage and the concentration of 

IL-6 is derived based on the regression model using the experiment results above. In 

𝑌 =
0.08162 ∗ 𝑋 + 0.4227

𝑋 + 52.94
 

Y is the predicted impedance change in percentage, and X is the concentration of the 

sample in pg/ml. The regression model curves of IL-6 are shown in Figures 6-6 and 

6-7 below. 
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Figure 6-6 regression model curve of IL6 with nanowell sensor 

The formula for Luminex MFI counts and the concentration is derived based on the 

regression model using the experiment results above. In 

𝑌 =
4.065 × 104 ∗ 𝑋 + 5.245 × 105

𝑋 + 1209
 

Y is the predicted Luminex MFI counts of IL-6, and X is the concentration of the 

sample in pg/ml. 

 

Figure 6-7 regression model curve of IL6 with Luminex 

Last, the formula of impedance change in percentage and the concentration of IL-10 

is derived based on the regression model using the experiment results above. In  
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𝑌 =
0.08463 ∗ 𝑋 + 0.1588

𝑋 + 29.9
 

Y is the predicted impedance change in percentage, and X is the concentration of the 

sample in pg/ml. The regression model curves of TNF-α are shown in Figures 6-8 and 

6-9 below. 

 

Figure 6-8 regression model curve of IL10 with nanowell sensor 

The formula for Luminex MFI counts with a log10 scale and the concentration is 

derived based on the regression model using the experiment results above. In 

𝑌 =
2.023 × 104 ∗ 𝑋 + 1.811 × 105

𝑋 + 4804
 

Y is the predicted Luminex MFI counts of IL-10, and X is the concentration of the 

sample in pg/ml. 
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Figure 6-9 regression model curve of IL10 with Luminex 

After deriving the formula of each protein and method, we plugged the standard 

concentration into the formula to show its accuracy, as Figures 6-10, 6-11, and 6-12 

show. The horizontal axis is the ground truth concentration ranging from 0.1 pg/ml–

1000 pg/ml, while the vertical axis is the predicted concentration with a log10 scale in 

pg/ml. 

 

Figure 6-10 Prediction of standard concentration sample of TNF-α 
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Figure 6-11 Prediction of standard concentration sample of IL6 

 

Figure 6-12 Prediction of standard concentration sample of IL10 

As shown above, the predicted results of the standard concentration of all three types 

of protein for both the nanowell sensor and the Luminex technique are comparable 

and relatively accurate. 
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6.3 Quantification of cytokine level with human samples 

After deriving the formula of the regression model of each titration curve, we 

established the connection between the measured values of the nanowell sensor and 

the Luminex technique to the concentration of specific target proteins, TNF-α, IL-6, 

and IL-10. We then moved to the human sample measurements. The human samples 

were provided by Dr. Hubert Lim’s lab at the University of Minnesota. There are 12 

patients in total, with four samples of different time points for each patient. The 

samples from patient 3, patient 6, and patient 7 comprise the sham group, which is 

also the control group. The rest of the samples comprise the stim group (patients 

received therapy). The samples are the serum sample of patients on day 1, day 7, day 

14, and day 21. Each sample was measured with the nanowell sensor and the 

Luminex technique, and then its concentration was calculated using the regression 

formula shown in previous paragraphs. Figure 6-13 shows representative results for 

all three types of protein for a single patient at four-time points.  

 

Figure 6-13 Representative results of all 3 proteins of single patient 



94 
 
 

 
 

Figure 6-14 shows a comparison of the calculated concentration of IL-6 between the 

nanowell sensor and the Luminex technique for the same patient as above. There are 

four samples at different time points, and each sample is measured duplicate of both 

techniques. 

 

Figure 6-14 Comparison of nanowell sensor and Luminex 

Figures 6-15, 6-16, and 6-17 show a comparison of predicted TNF-α, IL-6, and IL-10 

levels of the stim and sham groups.  

 

Figure 6-15 Comparison of TNF-α concentration of stim and sham group 
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Figure 6-16 Comparison of IL6 concentration of stim and sham group 

 

 

Figure 6-17 Comparison of IL10 concentration of stim and sham group 

Figures 6-18, 6-19, and 6-20 show a comparison of predicted TNF-α, IL-6, and IL-10 

levels for the different techniques.  
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Figure 6-18 Correlation between nanowell sensor and Luminex of TNF-a 

 

Figure 6-19 Correlation between nanowell sensor and Luminex of IL6 
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Figure 6-20 Correlation between nanowell sensor and Luminex of IL10 

For all three cytokines, the nanowell sensing technique and the Luminex technique 

showed a high correlation, which indicates the two techniques are comparable and of 

the same quality.  

 

6.4 Conclusion 

We performed a series of experiments on samples from patients with inflammatory 

arthritis. The titration curves of three different proteins, TNF-α, IL-6, and IL-10, were 

acquired for both the nanowell sensor technique and the Luminex technique. 

Following the formula to calculate the target protein concentration, with knowing the 

nanowell sensor response or Luminex MFI counts, were derived based on the 

regression model and simulation. The results showed a down to single pg/ml 

quantification of nanowell sensor, and a good correlation curve to the gold standard 

Luminex technique, for all three types of cytokines. The study shows that the 

cytokine levels of patients changed due to their treatment therapies and curing 
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process, which proves that the nanowell sensor technique is a good candidate for 

quantifying cytokine levels accurately and rapidly.  
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Chapter 7: Conclusion and future works  
 

In conclusion, we have designed, fabricated, and validated a sensor array platform 

with the ability of time multiplex, analysis of more than 10 types of target cytokines. 

Our experimental results show that repeatable and reliable titration curves of different 

target proteins in different serum matrixes of both the human and animal kind of 

concentration down to pg/ml, which is comparable to the gold standard ELISA 

method. The platform also enables a long time continuous monitoring function of the 

technique. The response to target proteins with different concentrations shows a linear 

increase with increasing concentrations. Using the combination of the implement of 

the system with an embedded microcontroller and the nanowell sensor array, we were 

able to qualify three different target proteins in serum within 10 minutes. Although in 

this work, certain proteins were used as biomarkers for testing in multiple samples, 

we emphasize that this method can be used to detect a wide variety of proteins as long 

as a comparable high-affinity antibody pair is available.  

Our next focus will be integrating and expanding the system, pushing the lower 

detection limits, seeking a larger dynamic range, and applying more different types of 

target cytokines. After the characterization of certain concentrations of target 

proteins, we will apply the technique with some clinical utilities, even for in vivo 

measurements. 
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