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ABSTRACT 

Microfluidic systems enable rapid diagnosis, screening, and monitoring of 

diseases and health conditions using small amounts of biological samples and 

reagents. Research on microfluidic devices for biological analysis has progressed 

sufficiently to be developed into fast-response, simple-to-use, portable, and reliably 

operating devices with the ability to detect medically relevant biological molecules 

that are mass manufacturable at low cost. This dissertation has been developed in five 

chapters and reports on the development of novel microfluidic-based biosensors for 

biomolecule detection considering the essential parameters for point-of-care (POC) 

diagnostics. POC technology permits the compilation of accurate medical information 

and the identification of health problems in the with-patient testing platform, allowing 

prompt, lifesaving treatment. 

In the first chapter, as an introduction to the dissertation, we are briefly 

discussing the basics of designing and prototyping microfluidic-based biosensors, 

most of which having been used or manipulated in the following chapters or our 

research experiments. This chapter begins with an introduction on microfluidic 

technology, including the hydrodynamic principles, design parameters, 

micro/nanofabrication methods, the common materials to be used, and the flow control 

systems in the microfluidics including part of our published study as a book chapter in 

Biomimetic Microengineering. We then discuss the immunoassay principles by 

introducing the common expressions and critical factors to design a successful assay. 

Next, we discuss different types of biosensing platforms and introduced the 

advantages and limitations of each platform. In the final part of this chapter, we 

discuss the concept of POC diagnostic, considering the healthcare demand for a real 

POC product and its necessity, the technical shortages of the current devices, and 

future perspectives for this field.  

The second chapter is the modified version of our publication in the journal 

Analyst (2018, 143, 3335-3342). In this chapter, we introduce a capillary-driven 

microfluidic device for microparticle-labeled immunoassay, delivering analytes and 

washing solutions automatically and sequentially without the need for external energy. 
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We implemented the carbodiimide coupling method to immobilize the biomolecules 

on the glass substrate and quantified the target analytes by counting the surface 

coverage from the microparticle-labeled detector. We also introduced a new method 

on this simple device to measure association rate constants (Ka) to estimate the overall 

assay time. The sensitivity of the device was enhanced by characterizing the fluid flow 

and successfully demonstrated a clinically relevant limit of detection for human 

cardiac troponin I (hcTnI).  

Due to the simplicity of the proposed device, the microfluidic chip can be 

easily integrated with downstream biosensors for digitalizing the outcome signals. The 

third chapter is on utilizing an impedimetric biosensor to readout the immunoassay 

signals on the microfluidic chip. Considering the design parameters for impedance 

biosensors, we demonstrated not only high signal for microparticle-labeled 

immunoassay, but also sensitive enough to detect a label-free biomolecular target. 

Three different microparticles were tested at a fixed size to select the microparticles 

with optimal performance for the assay. Utilizing microparticle-labeled immunoassay 

for human tumor necrosis factor (TNF-α), the Limit of Detection (LOD) was 

improved by order of magnitude compared to the label-free bioassay. The findings of 

this chapter have been presented in the biomedical engineering society annual meeting 

(BMES 2019). 

The fourth chapter provides the outcome of the methodological combination of 

the techniques used in the second and third chapters for further miniaturization. To 

this end, the impedimetric biosensor was coupled with a disposable capillary-driven 

microfluidic to conduct a microparticle labeled immunoassay. This disposable 

cartridge was inserted into a hand-held impedimetric biosensor to read out the signals 

on one compact device to get one more step closer to POC devices. It takes about 6 

minutes to run the whole assay on this integrated platform. The results of this chapter 

have been presented in the 23rd International Conference on Miniaturized Systems for 

Chemistry and Life Sciences (µTAS 2019).  
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The last chapter is the summary of our findings within this study and discusses 

the limitations of the study, as well as the future developments for real, applicable 

POC platform addressing the life science obligations. 
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CHAPTER I: 

 

INTRODUCTION 

 

1.1 Microfluidics technology 

 

Microfluidics is a multidisciplinary field that allows us to precisely manipulate 

the fluid in micro/nano scale. This field has been widely growing within the last few 

decades due to its widespread application in various scientific fields, i.e., biology, 

pharmacology, engineering, biotechnology. Microfluidics in general, refers to network 

of channels with dimensions of submillimeter and recently by employing new 

fabrication techniques down to nano-millimeters. With microfluidic structures, various 

protocols of mixing, sorting, flow controlling, and biochemical reactions can be 

performed by a very low sample/reagent volume in a miniaturized platform. Another 

advantage of microfluidics is reducing the overall costs of applications and providing 

fast-responding tests compare with the traditional laboratory techniques. To have a 

proper microfluidic-based biosensor, a proper signal reading platform should be 

utilized. Digitalized readout biosensors are growing expressively due to their exclusive 

advantages over the traditionally analog sensors. These digital biosensors are mainly 

categorized into three main groups of Magnetic, electrical, electrochemical, and 

optical sensors. In this chapter, we have an overview of microfluidic technology 

developing from proof-of-concept to the final product with application in lab-on-chip 

(LOC) and point-of-care (POC) biosensors to detect medically relevant biological 

molecules. 

1.1.1 Hydrodynamic principles 

 

As a first step to study the hydrodynamic of microfluidics, it is helpful to 

understand the scaling laws in microfluidic. Considering two volume and surface 

forces that are proportional to  L3 and L2, the ratio for the microfluidics would be: 

𝑆𝑢𝑟𝑓𝑎𝑐𝑒 𝑓𝑜𝑟𝑐𝑒𝑠

𝑣𝑜𝑙𝑢𝑚𝑒 𝑓𝑜𝑟𝑐𝑒𝑠
∝ 

𝑙2

𝑙3
= 

1

𝑙
 
   𝑙→∞   
→     ∞                 (1.1) 
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This means by scaling down in the microfluidics, surface forces (i.e., viscosity) 

become dominant compare to the volume forces (i.e., gravity). With this scaling law 

researches can take advantageous of microfluidics properties for diffusion, mixing, 

flow control, etc. [1] By neglecting external body forces, the Navier-Stokes (NS) 

equation can be adopted into the microfluidic channels to derive velocity field: 

𝜌𝑚𝒖 . ∇𝒖 =  −∇𝑃 +  𝜇∇2𝒖            (1.2) 

Since in microfluidics, we usually have unidirectional incompressible flow (laminar 

regime), which means velocity vectors and velocity gradient (∇𝒖) are orthogonal. 

Therefore, we can neglect the convective term and simplify the NS equation into: 

∇𝑃 =  𝜇∇2𝒖                                  (1.3) 

In general, to derive a fluid in a channel, we need to generate a pressure difference 

between the inlet and outlet. The absolute fluid pressure is defined by the height (h) of 

the fluid on top of the specific point and is calculated by P = ρgh, where ρ is the fluid 

density. The gauge pressure usually utilizes in microfluidics, which is the relative 

pressure to a base pressure (usually atmospheric pressure) and defines as Pgauge = Pabs – 

1atm. The pressure difference can be stated in the production of volumetric flow rate 

(Q) by hydrodynamic resistance (Rhyd) in the channel. Hydrodynamic resistance for a 

circular channel can be calculated by Rhyd=8µL/πr4, where µ, L and r are fluid 

viscosity, channel length, and channel diameter, respectively. In microscale flow,  a 

rectangular cross-sectional microchannel is commonly used, and the equivalent 

hydraulic diameter for the rectangular channel is estimated by Dhyd = 2wh / (w+h), 

where w and h are the channel width and height, respectively. With the high aspect 

ratio (w>>h) in the microchannel, hydrodynamic resistance in the rectangular channel 

can be simplified as 

R = 12µL/(wh3)                          (1.4) 

To predict the flow regime, a dimensionless number named Reynolds number 

(Re) is defined as the ratio of inertial force to the viscous force (Re = ρUDh/µ), where 

µ, U and D are the dynamic viscosity, bulk velocity of flow, and tube diameter, 

respectively. Depending on Re number, flow is usually categorized into laminar and 
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turbulent regimes. For Re<2000, the flow is laminar, and the range of Re = 2000-2500 

is considered the transition regime. For Re>2500 the flow is considered turbulence 

due to the generation of the eddy. In microfluidics, Re is rarely exceeding 100 and 

usually is around 1. The frictional forces between the layers of laminar flow are called 

shear stress, and for a Newtonian fluid is defined as τ = µ ∂u/∂y and in the topics 

concerning the body, shear stress is normally expressed in dyne/cm2 (=0.1 Pa) [2].  

Diffusion is one of the most important transportation mechanisms in the 

microfluidics. Atoms, ions, molecules, or suspended colloids can diffuse due to 

differences in the concentrations of two species and continues until an equilibrium is 

found. Usually, diffusion is more dominant in short distances of about 100 µm; 

however, by applying external forces, active diffusion exceeds this limitation. 

Diffusion flux, which is the amount of specious passing through an area in the unit of 

time, can be calculated by Fick’s first law of diffusion J = - Ddiff ∂c/∂x, where Ddiff and 

∂c/∂x are diffusion coefficient and gradient of concentration, respectively. For 

example, considering 𝐷 ≈ 2 × 10−9
𝑚2

𝑠
 for small ions in water, the ion diffusion in 

water takes about 5 seconds for a distance of 100μm. Osmosis is a good example of 

diffusion in which molecules of a solvent passes through a permeable membrane 

toward the higher solute concentration on the other side and is seen in-vivo with the 

digestive system. This passive motion is dependent on the pressure on both sides of 

the membrane. The amount of pressure difference in the reverse direction of solvent 

flow that stops this passive motion is called osmotic pressure.  

By scaling down the channel sizes, the surface tension forces become 

significant and should be carefully investigated. Surface tension is the force on the 

liquid surfaces in the two-phase interfaces. Surface tension in the liquid-air interface is 

a common force that is encountered in microfluidics and is defined by the amount of 

force to drive the liquid on that surface in a determined distance. The pressure 

generated by a liquid surface is perpendicular to the radius of the curvature (R1 and 

R2) and is calculated by the Young-Laplace equation: 

∆𝑃 =  𝛾 (
1

𝑅1
+ 

1

𝑅2
 )                (1.5) 
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where 𝛾 is the surface tension [3]. 

1.1.2 Design of microfluidics 

 

Microfluidic chips usually consist of inlets and outlets for fluids, series of 

microchannels in various architecture for fluidic handling, and specific microfluidic 

components (i.e., microvalve, diode, micropump). After carefully investigating and 

applying the hydrodynamic principles, the fluidic rout is drawn with a computer-aided 

design (CAD) software. This design then transfers to the preferred material based on 

the desired surface properties utilizing the micro/nanofabrication methods. With the 

significant progress in the microfluidic industry, we are now able to make complicated 

microchips (i.e., three or multilayers) with plenty of polymer-based materials, but 

cost-effectively and mass production with high reproducibility. Here is a brief 

introduction to some microfluidic components.   

Microfluidics valve is an important component allowing to automate and 

developing a programmable microfluidic platform (PMP). Different actuating methods 

of mechanical, pneumatical, electro-kinetic, and by external forces have been 

introduced for microvalves [4]. Micropump is another fundamental component for 

controlling flow in microfluidics. Micropumps usually refer to the integrated elements 

into the microdevices, i.e., pneumatically actuating micropumps, liquid transfer using 

electrowetting. This will be discussed more in detail at section 1.1.5. [5]. Several 

microfluidic diodes have been proposed in the past using nozzle/diffuser concept [6, 

7], microparticle [8], hydrogel [9], and check valve systems [10-12]. By incorporating 

triangle structures inspired by the Tesla valve, a passive microfluidic diode was 

proposed to maximize forward flow. Improving the idea of channel geometry, a diodic 

system has been proposed that uses a single bead in a microfluidic channel [8]. 

Another interesting rectifier is pH-sensitive hydrogel [9], which can control the flow 

by contracting or expanding in response to local pH and volume conditions. Recently, 

diodes with flap and check-valve structures have also been developed and 

characterized [10-14]. In these diodes, the flap remains open while fluid moves 

forward through the channel but closes when fluid starts to move backward. 
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1.1.3 Micro/nanofabrication methods  

 

The microfabrication methods for microfluidics originally have been adopted 

from well-developed industries of the semiconductor and printing industry in the early 

20th century [15]. Since then, micro/nanofabrication has been significantly advanced 

by employing various techniques and materials, and here, we briefly introduce the 

most frequently used ones.  

1.1.3.1 Molding 

 

Lithography is one of the well-established molding methods to transfer the 

design from a photomask into the desired substrate. Photomask can be made by either 

undergoing photographic process on chromium layer or laser printing/cutting on a 

transparent wafer. Then, a light-sensitive material, photoresist, is spun coat on a 

substrate, usually glass or silicon wafer. By exposing the ultraviolet (UV) light to the 

spin-coated surface passing from photomask, the design transfers into the substrate. 

Generally, photoresists are categorized into negative and positive, in which the 

exposed area to the UV light will stick or detach from the substrate, respectively. The 

unbonded photoresist is washed away in a developing solution, and the substrate bakes 

to improve the pattern adhesion. After making the mold, liquid polymers, i.e., 

Polydimethylsiloxane (PDMS) and Polyurethane, is pure into the mold and cured to be 

hardened. After peeling off the replica from the mold, it is bonded to the final 

substrate. This process, called soft lithography, has several advantages of low cost, 

high resolution, and mass production. 

Injection molding is another microchip fabrication technique that is limited to 

specific thermoplastic materials. In this method, the thermoplastic is melted and then 

injected into the pre-patterned mold chamber to fill the cavity. Hot embossing is a 

similar method to the injection molding, but the thermoplastic replica is patterned by 

sandwiching between two mold inserts and applying pressure and heat. Both these two 

molding methods demonstrate advantageous of cost-effective and high throughput for 

commercialized microfluidics. As major shared disadvantages of these molding 
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methods, we can mention of material limitation and difficulty in the fabrication of 

sophisticated 3D features.       

1.1.3.2 Laminates 

 

Laminates have been introduced as a simple, rapid, and cost-effective method 

for microfabrication. First, the microfluidic design is cut on the desired layer and then 

bonding the layers together or sandwiching between two substrates (usually glass). 

The thickness of the microfluidic networks is directly dependent on the thickness of 

the patterned layers and, therefore, can precisely be controlled. However, the low 

resolution of the features is a significant drawback for this method. Adhesive transfer 

tape, polycarbonate, PMMA, COC, and glass slides commonly have been used for this 

method. For bonding individual layer of non-adhesive layers, thermal bonding is 

utilized, that is a combination of pressure and heating up to the glass transition 

temperature. Each layer is usually patterned using a knife plotter or laser cutter, 

depending on the desired resolution and the layer thickness.  

1.1.3.3 Etching 

 

Etching is a chemical or physical-based method to selectively remove 

materials from a surface and create structural features on it. Depending on the phase of 

the etchants, liquid chemicals, or plasma-phase, etching is categorized into wet and 

dry, respectively. Isotropic etch happens when the etchant dissolves the material 

evenly in all directions. As opposed to isotropic etch, the orientation-dependent 

etching or anisotropic etching selectively erodes the material from a substrate, which 

allows us to obtain straight sidewalls or sharp edges [15]. 

For wet etching, the substrate is immersed in the etchant chemical and should 

gently be agitated for the best results. Wet etching is usually considered isotropic and 

has a higher level of selectivity compare with dry etching methods. Due to the lateral 

undercut process in wet etching, the minimum feasible feature size is above 3 µm, 

which limits its application for submicron patterns. Another drawback of wet etching 

is the need for disposal of toxic waste chemicals. The most common etchant dissolver 

for wet etching of silicon is a mixture of hydrofluoric acid, acetic acid, and nitric acid.  
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Most of the dry etching techniques are plasma-based, which is conducted 

under the vacuum condition with neutrally charged radicals. Due to the even 

distribution of these attacking neutral particles, plasma etching is isotropic and has low 

selectivity. However, smaller features can be obtained using a dry etch. Other than 

high-pressure plasma, reactive-ion etching (RIE) and ion milling are commonly be 

used in microfabrication. 

 

1.1.3.4 Thin film deposition 

 

A thin-film deposition is usually referring the technique to deposit target 

materials or growth of layers on the substrate with the final thickness in the range of 

submicron. The final quality of surface, surface properties, target materials, and the 

thickness of the layer determine the method to be used. Generally, thin-film deposition 

techniques are carrying out under the vacuum chamber and categorized in two main 

groups of physical vapor deposition (PVD) and Chemical Vapor deposition (CVD). 

PVD in which the target (material to be deposited) goes to a vapor phase and then 

condensates on the substrate as a thin film. Electron-beam (E-beam) evaporation, 

sputtering, and thermal evaporation are commonly used in PVD methods. The 

common coating materials are Ti, Al, Zr, Cu, and Au, and different substrates of glass, 

ceramic, and plastic can be used.  

The typical CVD takes place in a vacuum chamber and elevated temperature to 

deposit a thin film of solid material by chemically reacting or decomposing a volatile 

precursor on the substrate. This can form an atomistically thin layer of nonvolatile 

solid material. Based on the initiating of chemical reaction, operating conditions, and 

the utilized procedure, it classifies into four main types of atmospheric pressure 

(APCVD), low-pressure (LPCVD), plasma-enhanced (PECVD), and ultrahigh vacuum 

(UHVCVD). Common materials for CVD are metals (e.g., Ag, Cu, Au, Sn, Pt) and 

organic materials (e.g., SiO2, Al2O3, ZnO). 
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1.1.3.5 3D-printing 

 

3D printing or additive manufacturing technology is a favorable fabrication 

technique to make three-dimensional structures from the integration of slices. The 

most common types of 3D-printing are fused deposition molding (FDM), 

stereolithography (SLA), selective laser sintering (SLS), and Multi-Jet Modeling 

(MJM). In FDM, a nozzle is used to extrude polymer-based films and make the 3D 

shape by stacking sliced layers of the design. SLA refers to an accurate and precise 

method in which the photopolymers is heated to become a semi-liquid form, and then 

it hardens on each layer by exposing the vat of resin to UV light. This method usually 

needs a post-cure step of washing in a chemical bath followed by curing in the UV 

chamber to obtain the final resolution and hardening. Digital light processing (DLP) is 

a similar method to the SLA but uses a digital projector screen or the source of arc 

lamp in its traditional way. Nowadays, SLS is used to produce solid structures with 

complex shapes. In SLS, a laser source illuminates the tiny powder particles of the 

printing material (plastic, ceramic, or glass) to solidify and form the 3D shapes. MJM 

or Polyjet by Stratus that has been used in microfluidics. Similar to SLS, a 

photosensitive resin is ejected from an inkjet printhead and deposits on the previous 

layer and then cured by illuminating a light source on the traveling printhead. This 

method is an accurate 3D-printing technology and can uses multi-materials in the 

printing process. 

 

1.1.3.6 Bonding 

 

PDMS is a typical material used in microfluidics and usually is needed to bond 

into another PDMS layer or a glass substrate. This process is facilitated by a technique 

known as plasma bonding. Through plasma activation, the surface energy is elevated, 

and organic contamination is removed in preparation for a high-energy bonding, 

without a need for an intermediate bonding-layer. This process can be conducted 

either in atmospheric pressure or a low-pressure chamber in the range of 26-133 Pa in 

the presence of gas flow. The process requires high frequency, RF power, in a range of 

13 MHz, and processing time of 30 seconds to one minute. By oxidizing the surface 
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under the air or oxygen, the energetic ions are bombarded into the surface and 

generate silanol groups. Then two activated surfaces are placed together for an 

irreversible bonding by forming Si-O-Si bridges at the interface.    

Another typical bonding strategy is the use of an adhesive intermediate layer. 

For example, a PDMS/polymer tape composite is presented for the rapid prototyping 

of microfluidics [16]. Glues are anther commonly used bonding materials that are 

available in the forms of dual-parts, e.g., epoxies and acrylates, or a single-part, e.g., 

UV-glue. UV curable adhesives are a transparent and optically clear intermediate layer 

that generates a high strength bond when exposed to light with a specific wavelength 

and illumination intensity [17]. This gluing intermediate layer has the advantage of 

being used with various materials, e.g., SU-8, PDMS, glass, etc. and can be laminated 

with a roller to improve the homogeneity [18]. Although this bonding method is a 

low-cost, and easy to operate, difficulty to control the thickness, possibility of channel 

clogging, and delamination of the layer, constrain its application in microfluidics.  

1.1.4 Chip materials 

 

The common substrate materials for microfluidic immunoassays are Silicon, 

glass, and polymers. The properties of microfluidic chips depend on the materials that 

have been selected for a device. Appropriate selection of materials also helps us to 

determine the range of flow rate, flow control systems, surface properties, detection 

methods, biomolecule handling, and the microfabrication procedure. The initially 

developed microfluidics was mostly using glass and silicone. Although silicon 

microfabrication is a well-developed technique due to its application in the 

semiconductor industry, it has disadvantages of higher expenses, opaquest, and 

complicated fabrication steps. By implementing new fabrication methods and 

evolvement in material science, new (bio)materials utilized to develop microfluidics 

platforms. Polymer-based materials were introduced in the early 21st century and 

demonstrated promising in microfluidics offering unique optical properties, 

mechanical flexibility, chemical resistance, and permeability to liquids and gases.  
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Elastomers are a class of polymers with a flexible structure against external 

forces. It is inexpensive and easy to access and fabricate. PDMS is a popular silicon-

based organic elastomer polymer with an extensive application in microfluidics due to 

its low cost and high versatility [19]. Whitesides introduced PDMS as an elegant 

material for microfluidics, and since then, it has been used in many devices to seal and 

create 3D fluidic channels [20]. PDMS curing time takes about 48 hours at room 

temperature but just a few minutes at 150℃. The mixing ratio of PDMS pre-polymer 

base and its curing agent (Sylgard 184 silicone elastomer) affect the final surface 

properties, oxidization aging, Young’s modulus, and stiffness. The elastomeric 

characteristic of PDMS makes it an ideal candidate for flexible valves and actuating 

membrane. Also, gas permeability allows PDMS membranes to be used in long-term 

cell culturing devices as an important parameter for organ-on-chip devices[21].  

Thermoplastic polymers have advantages of multiple time reforming after 

hardening by heating up to the glass transition temperature. Their properties can 

widely vary based on the primary plastics and the conditions they are being used. 

Poly(methylmethacrylate) (PMMA), polystyrene (PS) cyclic olefin copolymer (COC), 

and polyethylene terephthalate (PET) are examples of commonly used thermoplastic 

materials in microfluidics. Unlike PDMS, these thermoplastic materials are rigid and 

impermeable, making them better choices for the channels needing a perfect sealing to 

block the gas penetration. The common fabrication methods for thermoplastic 

materials are thermo-molding, hot embossing, and injection-molding that allow them 

to be used in commercially massive-production. Another advantage for thermoplastic 

polymers is their convenient integration with electrical circuits and electrodes that is 

notable in digital microfluidics and flexible biosensors [19].  

Teflon (FEP or PFA) are perfluorinated polymers that are used for the 

fabrication of microchannels, pumps, and valves with corrosive solvents and 

chemicals due to their inert characteristics. A hydrogel is another popular polymeric-

based material that can be used in creating microfluidic component functionality and 

provide solid microstructures at the same time. They have a high rate of porosity with 

controlled pore sizes. Hydrogels have been used as semi-permeable structures, 3D cell 



Texas Tech University, Ali KhodayariBavil, August 2020 

11 

culture, smart valves, and biosensors [22, 23]. Paper is a cellulose porous matrix and 

has been used to develop low-cost and portable devices without any flow controlling 

system due to its capillary effect [24]. 

1.1.5 Flow control systems 

 

Any microfluidics needs either external equipment or embedded technology to 

manipulate and control the fluid flow. It is essential to understand the exact potential 

of each technique, with its advantages and drawbacks, to be utilized based on the 

device application[21]. In this section, some of the most common flow handling 

systems in microfluidics are introduced and categorized based on their generating 

flow-profile. 

 

1.1.5.1 Decaying flow  

 

The simplest flow infusion systems utilized in microfluidics are hydrostatic, or 

gravity-driven flow. In hydrostatic flow, the pressure difference between the inlet and 

outlet reservoirs drives flow in a microchannel. Since the pressure difference is a time-

dependent decaying function, the flow rate decays to reach a steady-state value. The 

flow rate from this method can be easily understood and controlled with Bernoulli’s 

equation. Consider a medium reservoir with an equivalent diameter of d1 and outlet 

channel diameter of d2. The necessary height of fluid in the reservoir for flow velocity, 

v, can be calculated by: 

ℎ = (
𝑉2

2𝑔
) +

λ

𝑑2
×

𝑉2

2𝑔
             (1.6) 

where λ is the channel friction coefficient and theoretically found to be λ = 64/Re [25]. 

By knowing dh/dt = Q/A = v × (d2/d1)
2, a ratio of d1 to d2 can be chosen to get a 

desired outlet flow rate. When a high precision long-term flow is needed, a 

hydrodynamic resistance circuit can be added to the design.  

A possible option for future on-chip controlled decaying flow is capillary 

driven flow. Capillary pumps are one of the popular passive pumping techniques used 

in microfluidics [26-29]. Capillary-driven pumps rely on surface tension and usually 
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generate low flow rates in the scale of micro/nanoliter per minute that decay with time. 

To get more precise and controlled flow in capillary-driven pumps, different designs 

of microstructures are used. Recently, a capillary-driven pump has been introduced for 

sample liquid perfusion with a constant flow rate independent of sample surface 

energy by controlling the fluidic resistance and integrating an absorbent pad. Although 

capillary-based micropumps are among the favorite passive flow control methods in 

microfluidics, they are limited and have not been implemented in complicated fluidic 

features yet. 

 

1.1.5.2 Continuous Flow Generators 

 

The simplest way to generate continuous flow is by utilizing hydrostatic 

pressure using two horizontal channels at different height levels. Gravity-driven flow 

can also approximate continuous flow by incorporating multiple channels or a siphon 

system [30]. A unique method was recently developed for a continuous flow gravity-

driven passive pump by coupling with a siphon-based autofill function [31]. In this 

configuration, a storage container on top of the chip is connected to an inlet reservoir 

by low and high siphons to maintain constant hydrostatic pressure on the inlet. This 

enhanced hydrostatic pressure-driven flow device can control the overall flow rate 

accurately and enable selective perfusions to feed multiple cell channels 

simultaneously. 

While hydrostatic flows are used for simple media infusion, they are limited 

beyond creating decaying flow patterns and low ranges of flow rate without 

introducing complex additions to the system. Instead, for a steady flow driven by an 

external source, a syringe pump is commonly used in typical microfluidic setups due 

to its simplicity, ease of control, and a wide range of possible flow rates. Some syringe 

pumps allow for backward movement to create negative pressure and act as a vacuum 

pump, enabling long-term application by refilling the inlet reservoir. However, syringe 

pumps do have some flow rate fluctuations making them disadvantageous for precise 

flow control. This fluctuation can originate from the mechanical parts of the pump, 
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step motor, and syringe plunger, which restricts their applications in precise 

microfluidic structures that are sensitive to flow patterns and cytometry platforms. 

Another technique to generate a continuous flow pattern is the electroosmotic 

pump, i.e., the exploitation of a concentration gradient between two solutes through a 

permeable membrane. The flow rate for osmosis-driven flow can be controlled by 

regulating the osmotic pressures through the solute concentrations and contact area 

[32-34]. Using an electroosmotic pump, flow rates in the range of nanoliter per minute 

can be achieved; however, its use is limited to simple microfluidics without 

recirculation capabilities. Osmosis-driven flow also needs accurate design 

considerations to overcome electroporation, electrolysis, and Joule-heating issues. 

 

1.1.5.3 Pulsatile flow profile 

 

A programmable syringe pump can go beyond simple infusion and create 

customized pumping methods. Bennet et al. used a programmable syringe pump with 

the previously discussed cornea-on-a-chip to test the permeation difference under 

continuous and pulsatile flow [35]. A peristaltic pump is commonly used for 

generating a simple pulsatile flow by squeezing a flexible tube sequentially. In a 

peristaltic pump, the confined liquid inside the flexible tube is driven by rotating a 

roller on a rotor [36, 37]. With proper tube maintenance, these valve-less pumps can 

be used for long-term injection, and the flow direction can be easily controlled by 

switching the direction of the rotor. These pumps can be used as open-loop or closed-

loop systems, requiring the refilling of the inlet reservoir or the recirculation of 

confined medium, respectively. However, a peristaltic pumping system generates 

fixed magnitudes and frequencies of flow rates based on the given hardware. To 

overcome this limitation, microfabricated micropumps are often used for more precise 

control to generate pulsatile flow profiles. Among various actuation mechanisms, 

pneumatic actuators are commonly used [38, 39]. These programmable micropumps 

allow for precise control of the flow through the sequential actuation of microvalves. 

Although these micropumps need multilayer fabrication steps with off-chip hardware 

such as solenoid valves and pressure/vacuum sources, they generate accurate and well-
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controlled customized flow patterns [40, 41]. Both magnitude and frequency of flow 

can be easily controlled based on the closing pressure on a thin PDMS membrane and 

actuation interval time, respectively.  

1.2 Immunoassay 

 

Immunoassay is a technique for the quantification of unknown compounds 

such as proteins, lipids, and nucleic acids in biological fluids, including but not limited 

to serum and urine. Immunoassay has several various formats, but the underlying 

mechanism for all variations is the specific antibody-antigen interaction. The active 

sites which enable an antigen to react with its specific antibody are called epitopes. 

Epitopes bind to the antigen-binding sites or paratopes on the antibody surface to form 

the antigen-antibody complex. Subsequently, the quantity of the formed antigen-

antibody complex can be measured using a range of physical or chemical methods. 

In the human body, the immune system is responsible for the recognition of 

antigen molecules through antibodies. Antigens can be a broad range of compounds, 

including proteins, polysaccharides, pesticides, antibiotics, toxins, and hormones. 

However, all antigens do not trigger the release of antibodies; instead, those types of 

antigens that evoke an immune response within the body are called immunogen. For 

instance, small peptide chains, antibiotics, and hormones are non–immunogenic 

antigens, which are also called heptens. On the other side, proteins that are larger than 

5-10 kDa can serve as immunogens. In order for haptens to be capable of activating 

specific antibody formation, they must chemically bind to a larger carrier molecule, 

such as bovine serum albumin or keyhole limpet hemocyanin.  
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Figure 1.1. Antigen and Antibody. (a) Small antigens can be recognized by antibody 

but cannot trigger the release of antibodies; instead, small antigens must bind to 

adjuvants (usually proteins) to shape an immunogen. (b) Antibodies identify structures 

on the antigen, which are called an epitope. The recognition segments on the antibody 

are called paratopes [Source: https://www.creative-

diagnostics.com/Immunoassay.htm] 

 

1.2.1 Antibody 

 

In the human body, antibodies or immunoglobulins represent the humoral 

immunity and comprise about 20% of the plasma proteins. Antibodies are formed and 

released by B lymphocytes in response to exposure to foreign antigens. Antibodies are 

Y-shaped large proteins (160 kDa) with two identical antigen-binding sites 

(paratopes), which allow them to couple with the determinant segments (epitope) of 

antigens specifically, as is shown in figure 1.1. An epitope is generally a sequence of 

10-15 amino acids on the hydrophilic segment of the antigen. Each antigen has several 

antigenic epitopes. 

All immunoglobulins, regardless of their antigen-binding sites, include a 

shared structure of four polypeptide chains: two identical heavy (H) chains and two 

identical light (L) chains. Each pair of H and L chains, as well as the two H chains, are 

joined to each other by disulfide bonds. The region in the central part of H chains 

containing the disulfide bonds is called the hinge region. This region is a flexible 

sequence of about 12 amino acids, which is exposed to enzymatic or chemical 

cleavage. All H and L chains have constant (C) domains at the carboxyl-terminal and 

https://www.creative-diagnostics.com/Immunoassay.htm
https://www.creative-diagnostics.com/Immunoassay.htm
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variable (V) domains at amino terminals. Each H and L chain has one V domain, and 

the V domains of each pair of H and L chains represent one of the two identical 

antigen binding sites, as depicted in figure 1.2.  

 
Figure 1.2 Structure of antibody, [Source: https://microbiologyinfo.com/antibody-

structure-classes-and-functions/] 

 

There are five classes of antibodies in the human body, namely as IgG, IgM, 

IgA, IgD, and IgE, with distinct properties, as can be seen in table 1.1[42]. This 

classification is based on the variations in the H chains of each class of antibodies. 

IgM and IgE have an extra domain pair instead of the hinge region of the H chain to 

keep the H chains together. The most abundant antibody class in human plasma and 

the most common for ELISA development is IgG. The subclasses of IgG (IgG1, IgG2, 

IgG3, and IgG4) vary in the structure and sequence of their H chain and hinge region, 

as well as the number of disulfide bonds between the H chains. The antigen-binding 

sites of IgGs are capable of binding to a 3×3 nm antigenic area. 

Table 1.1 Properties of Immunoglobulins 

 IgG IgM IgA IgD IgE 

Molecule mass (kDa) 150 950 160 180 190 

Carbohydrate (%) 3 12 8 10 12 

~Conc. in serum (mg/mL) 10 1 2 0.04 0.0003 

https://microbiologyinfo.com/antibody-structure-classes-and-functions/
https://microbiologyinfo.com/antibody-structure-classes-and-functions/
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1.2.1.1 Monoclonal antibodies 
 

Monoclonal antibodies (mAb) are laboratory-synthesized antibodies. These 

antibodies are made by identical immune cells that are all clones of a unique parent 

cell. Monoclonal antibodies can have a monovalent affinity, which means they bind to 

the same unique type of epitope. The mAb is very specific and is generated using 

hybridoma technology. In order to produce hybridoma cells, isolated plasma cell 

precursors are fused with immortalized cancerous cells. The high specificity of a 

monoclonal antibody is an important positive characteristic, especially for therapeutic 

purposes. Monoclonal antibodies are commonly used in the form of tissue culture 

supernatants, which can be obtained by extracting from hybridoma cells grown as 

tumors in syngeneic mice, or harvesting from the hybridoma culture. 

 

1.2.1.2 Polyclonal antibodies 

 

Polyclonal antibodies (pAbs) are a collection of antibodies that are produced 

by different B cells and bind to various epitopes. In this regard, each specific type of 

antibody is released by a different clone of B cells. Upon exposure to an antigen, 

different types of antibodies are released by the host to recognize different epitopes on 

that same antigen. Therefore, a serum is a good source of pAbs. These antibodies are 

generally used as reagents in immunochemical assays, with the crude serum as the 

source. Additional purification might be needed in order to isolate the collection of 

pAbs or a specific type of antibody from the collection. 

 

1.2.2 Biochemistry and immunocomplexes 

 

A hydroxyl group is a functional group consisting of a hydrogen atom that is 

covalently bonded to an oxygen atom. The hydroxyl group is shown by -OH in 

chemical structures and has a negative valence charge. The hydroxyl radical is very 

reactive due to its negative charge, so it quickly reacts with other chemical charged 

species. Due to high reactivity, hydroxyl radicals can damage cell or DNA structures. 

https://en.wikipedia.org/wiki/Antibody
https://en.wikipedia.org/wiki/White_blood_cell
https://en.wikipedia.org/wiki/Cloning
https://en.wikipedia.org/wiki/Monoclonal
https://en.wikipedia.org/wiki/Monovalent_antibody
https://en.wikipedia.org/wiki/Epitope
https://en.wikipedia.org/wiki/B_cell
https://www.thoughtco.com/definition-of-functional-groups-604473
https://www.thoughtco.com/hydrogen-element-facts-606474
https://www.thoughtco.com/definition-of-atom-and-examples-604373
https://www.thoughtco.com/definition-of-covalent-bond-604414
https://www.thoughtco.com/oxygen-facts-p2-606571
https://www.thoughtco.com/functional-groups-in-organic-chemistry-4054178
https://www.thoughtco.com/definition-of-valence-in-chemistry-604680
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The carboxyl group is a functional organic compound with a carbon atom 

double-bonded to an oxygen atom and single-bonded to a hydroxyl group. Put another 

way, the carboxyl group is a carbonyl group (C=O) with a hydroxyl group (O-H) 

single-bounded to its carbon. The carboxyl group is usually printed as -C(=O)OH or -

COOH, and may also be called the carboxy group, carboxyl functional group, or 

carboxyl radical. The carboxyl groups have acidic properties because they are 

commonly negatively charged by losing the hydrogen atom as a free proton from the -

OH group. When hydrogen is released, the oxygen atom shares the negative charge 

with the other oxygen atom, thus enabling the carboxyl group to maintain a relatively 

stable state 

Amines are commonly considered as ammonia derivatives, where at least one 

hydrogen atom has been substituted by an organic compound such as a hydrocarbon 

group. Amines are classified based on the number of substituted hydrogen atoms. In 

this regard, primary amines (R(alkyl group)-NH2) have one replaced hydrogen atom. 

In a secondary amine (R2-NH), two hydrogen atoms are replaced by hydrocarbon 

groups. In a tertiary amine (R3-N), all three hydrogen atoms are replaced by 

hydrocarbon groups.  

A peptide bond (CO-NH) is a type of covalent bond joining two amino acids. 

A peptide bond is created when the carboxyl group of one amino-acid reacts with the 

amino group of the other amino acid during a condensation or dehydration synthesis 

reaction. This reaction results in the formation of an amide molecule. 

In the antigen-antibody complex, the binding forces are not strong covalent 

bonds but rather weaker non-covalent bonds, including electrostatic interactions, 

hydrogen bonds, van der Waals forces, and hydrophobic interactions. Additionally, 

interfacial water molecules may play a role in non-covalent bonds of an antigen-

antibody complex. Such indirect bonds are essential in cross-reactivity, which occurs 

when an antibody recognizes a structurally similar antigen to its specific antigen. Such 

phenomena allow the same antibody to trigger an immune response to a non-

previously encountered antigen. 

https://www.thoughtco.com/carbon-element-facts-p2-606514
https://www.thoughtco.com/definition-of-double-bond-605044
https://www.thoughtco.com/oxygen-facts-p2-606571
https://www.thoughtco.com/definition-of-hydroxyl-group-608739
https://www.thoughtco.com/functional-groups-in-organic-chemistry-4054178
https://www.thoughtco.com/functional-groups-in-organic-chemistry-4054178
https://en.wikipedia.org/wiki/Electrostatic_interaction
https://en.wikipedia.org/wiki/Hydrogen_bond
https://en.wikipedia.org/wiki/Van_der_Waals_force
https://en.wikipedia.org/wiki/Hydrophobic_interaction
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1.2.3 Surface biochemistry for antibody immobilization 

 
Passive or physical adsorption is one of the primary and simple methods to 

immobilize antibodies into the solid surface that occurs inherently on the hydrophobic 

(e.g., plastic) or hydrophilic (e.g., silicon) surfaces by electrostatic interaction. In this 

method, there is not any modification on the immobilization surface or the protein to 

be used. Therefore, this method is a favorable and common approach to conduct 

immunoassay in clinical labs. Passivation usually utilizes various non-covalent 

interactions of electrostatic interactions and hydrophobic forces. So, the solution pH 

and ionic buffer strength are critical in this matter. Electrostatic interaction refers to 

non-covalently immobilization of antibodies by controlling the pH of the buffer and 

generating localized ionic charge on the antibodies. Although these methods offer 

simple and easy protocols, it is impossible to control the antibody orientation resulting 

in low signal generation. Other than random orientation, this method suffers from poor 

adhesion to certain surfaces, because proteins might be detached from the surface by 

some buffers or surfactants when performing the assays [43]. 

It is of the favor to covalently immobilize the antibodies in the right 

orientation. Crosslinking is the process of chemically joining two or more molecules 

by a covalent bond. Crosslinking reagents contain reactive ends to interact with 

specific functional groups on proteins or other molecules. The availability of several 

chemical groups in proteins and peptides makes them targets for conjugation and 

study using crosslinking methods. Covalent immobilization provides more stable 

attachment and higher surface coverage, both of which being the essential 

characteristics of sensitive immunoassays. 

Generating self-assembled monolayers (SAMs) is considered as one of the 

most common and easy to implement techniques among different wet chemical 

surface treatments. Metals, silicon oxides, and polymers have been used for the 

formation of SAMs. In SAMs, the tightly adsorbed organic molecules have a 

headgroup covalently linked to the substrate, an alkyl group, and a terminal functional 

group. The size of the alkyl group and the density of the organic molecules on the 
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surface determine the thickness of the SAM, which usually does not exceed a few 

nanometers. The development of SAMs is relatively simple, and they can be patterned 

with below one-micrometer lateral resolution. In order to dictate the wetting properties 

of the surface, a range of terminal groups might be used. Lately, surface silanization 

has been the most frequently utilized method for antibody immobilization in 

microfluidic devices. Silanization entails covering a surface containing hydroxyl 

groups (–OH) with self-assembly organofunctional alkoxysilane molecules. Common 

organic alkoxysilane functionalization are APTES ((3-aminopropyl)-triethoxysilane), 

APDMES ((3-aminopropyl)-dimethyl-ethoxy silane), GPMES ((3-glycidoxypropyl)-

dimethyl-ethoxysilane), APTMS ((3-aminopropyl)-trimethoxysilane), and MPTMS 

((3-mercaptopropyl)trimethoxysilane) [43]. Salinization could easily be applied in 

many mineral compounds, such as glass. During this process, the alkoxy groups on the 

silane are repositioned by the hydroxyl groups of the surface, resulting in the creation 

of covalent –Si–O–Si– bonds. 

1-Ethyl-3-(3-Dimethylaminopropyl) Carbodiimide (EDC) is a zero-length 

coupling reagent that is widely utilized in conjugation methods to bind carboxyl and 

primary amine groups. EDC is highly soluble in water, easy to employ, and 

comparatively cheap. EDC first yields an unstable intermediate ester. The activated 

ester subsequently encounters nucleophilic substitution when exposed to a strong 

nucleophile, such as a primary amine. The coupling activity of EDC is usually 

employed in the buffers without extraneous carboxyl or primary amine groups at 

physiologic pH. The O-acylisourea product intermediate is convenient to be 

hydrolyzed and convert back to the initial carboxylate molecule. To address such 

undesirable conversion, sulfo N-Hydroxysuccinimide (sulfo-NHS ester) has been 

employed to yield a more stable secondary intermediate before amination. This 

enhanced EDC/NHS technique has been used in a wide range of applications. 

1.2.4 Ab-Ag kinetics 

 

The reaction between antibody and antigen represents a reversible reaction 

involving two molecules. The rate coefficients of the forward and reverse reactions are 
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determined by multiple factors, including the concentration of the antigen and 

antibody, the association constant (binding affinity) of the antibody for its antigen, and 

environmental elements such as temperature and pH. Kinetics describes how fast do 

things happen and is time-dependent. It determines whether a complex form or 

dissociates within a given time span. 

𝐴𝑏 + 𝐴𝑔     𝑘𝑎   
→    

   𝑘𝑑   
←    

  𝐴𝑏/𝐴𝑔                 (1.7) 

,where the Ab/Ag is the formed immunocomplex of Ab and Ag. Association describes 

how fast molecules bind: 

𝑑[Ab/Ag]

𝑑𝑡
= 𝑘𝑎  . [𝐴𝑏]. [𝐴𝑔]              (1.8) 

𝑘𝑎 is the association rate constant with a unit of [M-1 s-1]. Dissociation means how fast 

complexes fall apart and is calculated by: 

−𝑑[𝐴𝑏/𝐴𝑔]

𝑑𝑡
= 𝑘𝑑  . [𝐴𝑏/𝐴𝑔]              (1.9) 

where 𝑘𝑑 is the dissociation rate constant having a unit of [s-1].  

From these two equations, we can derive a net rate equation as: 

 
𝑑[Ab/Ag]

𝑑𝑡
=  𝑘𝑎     .    [𝐴𝑏]. [𝐴𝑔]   −  𝑘𝑑  . [𝐴𝑏/𝐴𝑔]                    (1.10) 

     [M s-1] = [M-1s-1] × [M] × [M]  -  [s-1] × [M]            

At the equilibrium, the association becomes equal to dissociation: 

𝑘𝑎 . [𝐴𝑏]. [𝐴𝑔]  =  𝑘𝑑  . [𝐴𝑏/𝐴𝑔]                               (1.11) 

Then we can calculate the equilibrium association constant [M-1] by: 

𝐾𝐴 = 
𝑘𝑎

𝑘𝑑
= 

[𝐴𝑏/𝐴𝑔]

[𝐴𝑏] .  [𝐴𝑔]
                                                (1.12) 

The equilibrium dissociation constant [M] is: 

𝐾𝐷 = 
1

𝐾𝐴
= 

𝑘𝑑

𝑘𝑎
= 

[𝐴𝑏] .  [𝐴𝑔]

[𝐴𝑏/𝐴𝑔]
                                       (1.13) 
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Because of the occurrence of additional intermolecular secondary bonds, the 

antigen-antibody association has a lower energy level compared to that of their 

dissociation. In other words, compared to the required energy to inhibit the formation 

of the antigen-antibody complex, higher levels of energy are necessary for the 

dissociation of the complex. This phenomenon is called hysteresis. These are 

reversible interactions, and the output of an immunoassay can directly be affected by 

the magnitude of the ka and kd constants. In antibody-antigen interaction, affinity 

means how strong is the complex and is independent of time. Affinity determines how 

much complex is formed at equilibrium (steady-state where association balances 

dissociation). 

 

1.2.5 Immunoassay formats 

 

Immunoassays are based on the fundamental characteristic of an antibody to 

recognize and bind to its target molecule specifically. Optimization of an 

immunoassay means having the highest possible sensitivity and dynamic range for the 

designed assay and requires an assessment of every single component of the assay. 

The components of the immunoassay will be different based on the format that has 

been chosen. Included below is a description of different immunoassay formats and 

the reagents to be optimized in order for a sensitive assay. 

In the capture assay first, the receptors or say capture antibody (cAb) are 

immobilized on the surface. There are different methods to immobilize cAb on the 

surface that is discussed in section. 1.2.6. In the direct assay or target down format, the 

target biomolecules are attached to the surface, and the detector or detection antibody 

(dAb) flows over the target biomolecules and bonds to it. (target on the surface). In the 

indirect assay, we use another dAb (secondary antibody) to bind to the first detector. 

This is the most popular immunoassay format since it generates a higher signal. A 

competitive assay is a suitable format for small antigens with only one epitope. A form 

of competitive assay is labeling purified antigen rather than the antibody, so that the 

assay is owing to the competition between labeled and unlabeled antigens to bind to 
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the capture antibody. Hence, a lower signal from the assay indicates that a higher 

number of immune complexes have been formed by unconjugated analytes. The 

output signal would be quantified based on the comparisons with various known 

concentrations and negative control.  

One other promising assay format happens when the analytes are sandwiched 

by two antibodies, namely as primary (capture) and detecting antibodies. In this 

format, different amino acid sequences on the antigens are recognized by capture and 

detecting antibodies. In order to increase the specificity of the sandwich immunoassay, 

the capture antibody is selected monoclonal and is usually immobilized on a solid 

surface. Antigen or the target biomolecule is introduced to be captured by the capture 

antibodies, followed by the addition of labeled detection antibodies to generate the 

signals. 

1.2.6 Immunoassay types 

 

In general, immunoassays can be categorized into two main groups of labeled 

immunoassay and label-free immunoassay. Based on the type of immunoassay, labels 

could be chemical-linked or conjugated to the antibody or antigen of interest. Included 

below is a brief description of the most common labeled immunoassays.  

 In radioimmunoassay (RIA), radioactive isotopes serve as the substances for 

labeling the antibody and/or the antigen. Enzyme Immunoassay (EIA) detects antigens 

or antibodies via the color change triggered by the catalytic activity of enzymes (e.g., 

HRP, AP) in the presence of their specific substrates and chromogen (e.g., DAB, 

TMB). Fluor-immunoassay (FIA) is similar to RIA, with the only difference being the 

use of a fluorophore (e.g., FITC, phycoerythrin) as the detection reagent. In 

chemiluminescence Immunoassay (CLIA), the concentration of samples is detected 

based on the intensity of the luminescence emitted by the detection reagent, which is a 

luminescent molecule. Immuno-chromatographic Assay (ICA) or lateral flow 

immunoassay is a rapid test immunoassay to detect the existence of a wide range of 

target substances in liquid samples with no need to have expensive and specialized 

laboratory devices. Immunohistochemistry (IHC) borrows a wide range of methods 

https://www.creative-diagnostics.com/ELISA-guide-part-1.htm
https://www.creative-diagnostics.com/Immunoassay.htm
https://www.creative-diagnostics.com/Immunochromatography-guide.htm
https://www.creative-diagnostics.com/Immunohistochemistry-guide.htm
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from histology, immunology, and biochemistry to identify particular tissue elements 

through the interaction of antigens with specific antibodies or ligands marked with 

a label. 

In some cases, it is difficult or maybe impossible) to have a proper label to tag 

the antibody or the antigen, and that is where the label-free immunoassay is utilized. 

Such types of assays are not based on the modification or labeling of the elements of 

an assay for facilitating the detection. Surface plasma resonance (SPR), Optical cavity-

based systems, and quartz crystal microbalance (QCM) are three common label-free 

immunoassay techniques.  

 

1.3 Digitalized biosensors 

 

Nowadays, biosensors have a wide range of applications in many areas, from 

biomedical diagnostics to environmental monitoring, POC devices, water treatment 

systems, drug discovery, food control, and so on. With remarkable progress in the 

design of biosensors, various techniques are involved in obtaining an applicable 

sensitive device. Although choosing the right biomolecule to couple with these 

biosensors is a critical factor for high sensitivity and selectivity of the detecting 

desired analytes, utilizing the right sensing platform is a fundamental issue. Here, we 

are focusing on new methods that have been used to detect target biomolecules in the 

life science and healthcare industry. This field has drawn lots of attention and 

significant investments. In 2019, North America held the largest portion of the global 

biosensor market and showed rapid growth in POC diagnostics. The growth in the 

United States’ patient population drives this market prominence. Over half of 

Americans live with one or more chronic diseases, a population forecast to reach 157 

million by 2022. As baby boomers age further into retirement, they are changing 

American demographics and substantially increasing the case totals for chronic 

diseases. Recent advancements to biosensor technology not only address this 

expanding national health challenge but also helps the biotechnical and biomedical 

industries continue to grow further. 
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Transducers are elements that can convert one form of energy or a physical 

event into another form of energy. In digital biosensors, transducers are exploited to 

transfer the biochemistry occasion into an assessable digital signal. Most transducers 

produce either magnetic, electrical, or optical signals that are usually proportional to 

the amount of analyte–bioreceptor interactions [44]. This produced digital signal can 

quickly be processed to present the final results. The advantages of digital biosensors 

are easily integrating into smartphones for data analyzing and display. Also, the digital 

biosensor can easily miniaturize the sensor platform and minimize misinterpretation of 

the results.  

Complementary-metal-oxide-semiconductor (CMOS) is a technology that 

impeccably combines transducing function with signal processing. CMOS enables to 

design of integrated small chips (e.g.,<1cm2) to be used in digital biosensors. In 

contrast to the lateral flow assays that are usually limited to provide quantitative 

results, CMOS-based biosensors can accomplish quantitative results along with the 

advantage of being a cost-effective and fast response. Recent CMOS biosensors are 

developed by combining different transducing mechanisms (e.g., impedance, 

fluorescence, electromagnetic, etc.) with electronic readout signals that have been 

demonstrating competitive sensitivity for in vitro diagnosis [45]. 

1.3.1 Magnetic-based biosensors 

 

The anisotropic magnetoresistance (AMR) effect was first observed and 

reported by William Thomson (Lord Kelvin). He reported that by placing iron in a 

magnetic field, its electrical resistance increases by 0.033%. The reason for this 

phenomenon is described by the changes in the electron free paths in the presence of a 

magnetic field. To quantify these changes and determine the sensitivity of magnetic 

materials, magneto-resistive (MR) is introduced as the ratio of changes in resistance to 

the minimum measured resistance [46, 47]. 

The giant magnetoresistance (GMR) is an important effect that is utilized in 

many magnetic-based biosensors. When a multilayer structure of thin magnetic films 

is spaced with non-magnetic ones, the GMR effect is expected to happen. Without any 
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external magnetic field, high resistance state happens, in which the magnetization of 

ferromagnetic layers is oriented oppositely compare to the neighbor magnetic layer. 

By applying the external magnetic field, the low resistance state occurs in which 

magnetization of the ferromagnetic layers aligns with the direction of the external 

field. GMR-based sensors can detect a shallow magnetic field; therefore, they can 

detect the magnetic beads with submicron sizes. This characteristic allows GMR to be 

used in bead-based biosensors with many applications in healthcare and biomolecule 

detection [48].  

GMR spin-valve is another type of GMR effect that happens when the current 

is perpendicular to the film plane. GMR spin-valve usually consists of three main 

layers: 1) pinned layer that has a fixed magnetization regardless of the external 

magnetic field, 2) nonferromagnetic layer in the middle and 3) a switchable 

ferromagnetic layer (free layer) in which the magnetization alters by the magnetic 

field. The common magnetic materials are Ni, Co, and Fe, while Cr, Cu, Ru, or Ag are 

selectees for conducting non-magnetic layer [46]. 

Tunneling magnetoresistance (TMR) or magnetic tunnel junctions (MTJ) is 

another magnetic-based sensor that has a similar working principle to the GMR. The 

main difference is the material of the spacing layer, which is a non-magnetic instead of 

a conducting one. The thickness of the spacing layer is usually 1-2 nanometer, which 

allows the electrons to tunnel through. The insulating layer can be MgO, Al, Ga2O, 

and graphene [49]. Many studies have developed a biosensor detecting 

micro/nanoscale magnetic microparticles using TMR technique. Newly developed 

TMR sensors have a high sensitivity owing to 20-50% MR ratio. An MTJ (or TMR) 

sensor is developed with a MgO insulating layer that has an MR ratio of over 200% 

[46].   

The anisotropic magnetoresistance (AMR) effect have been used for over 

decades as an attractive magnetic-based biosensor. AMR generates lower signals 

compare to the GMR; however, more facile fabrication and higher signal to noise ratio 

at lower frequencies make it a good candidate for designing inexpensive biosensors. 

AMR causes magnetization a local dependence of electrical conductivity on the 
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mutual orientation of magnetization and current density vectors. When the direction of 

the magnetization is matched with the high current resistivity is measured but shows 

lower resistance for perpendicular directions. Initially, the use of AMR technology 

was introduced as a ring-shape sensor, with an outer and inner diameter of 5 µm and 

3.2 µm, respectively [50]. By placing the magnetic bead in the center of the ring, the 

magnetization rotates from circumferential towards a radial outward direction, which 

causes a drop in the magnetoresistance and generating a measurable signal [51]. It 

should be noticed that the maximum AMR signal happens when the bead is located in 

the center of the ring and drastically drops by moving the beads out of the ring, which 

has been made the AMR as a successful biosensor for microparticle-labeled assays. 

Hall sensors are devices to measure the strength of the magnetic field by 

generating the voltage proportional to its magnitude. This sensor has an advantage of 

high efficiency and suitable sensitivity, exhibiting a linear response that usually is not 

affected by magnetic saturation. The different applications of these biosensors such as 

hall magnetometry on nanostructures, detection of magnetic beads as labels in the 

medical application have been widely investigated. As an important application in 

integrated digital biosensors, hall sensors have been adopted to detect and even count 

of individual magnetic nanobeads used as labels for medical imaging, drug delivery, 

and manipulation of biological species [52, 53]. For example, a sandwich 

immunoassay was designed to quantify the labeled magnetic microparticles, which 

could detect a low surface coverage of 1% with an acceptable coefficient of variation 

[54]. 

1.3.2 Electrical-based biosensors 

 

Electrical-based biosensors are another important category of the digitalized 

platforms that are utilized to quantify the concentration of target biomolecules in the 

sample. Usually, micro-size electrodes are designed as a probe and the desired 

immunocomplexes form in between or top of the electrodes and generates the 

electrical signals. Due to the small size of the electrodes, they can be featured in an 

array of electrodes as sensing probe, demonstrating feasibility for the downscaling of 
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CMOS technologies [45]. The impedance-based biosensor as a main class of 

electrical-based biosensors has the ability to be used for label-free biomolecule 

detection. In many other types of sensing platforms, a label is required to attach the 

target analyte. For example, in magnetic-based biosensors, the target is recognized by 

attaching a magnetic bead onto it. This needs an extra step for the conjugation of 

beads and detector antibodies [55].  

1.3.2.1 Faradaic biosensors 

 

Faradaic biosensors create a measurable readout signal based on the 

electrochemical reactions on electrodes. To date, many electrochemically active redox 

labels and reactions have been adopted in faradaic sensors. A popular approach is 

electrochemical impedance spectroscopy (EIS), in which the impedance signals are 

measured for a range of frequency. EIS can detect biochemical reactions in the 

molecule-level at its interface in the presence of a buffer solution. This is usually 

referred to binding the target molecules to the pre-immobilized captured antibodies on 

the electrode surface. Target binding into the corresponding antibody increases the 

thickness of the biomolecule layer that results in a decrease in dielectric constant and 

the double-layer capacitance of the electrode-electrolyte interface. Attaching the target 

molecules to the probe interface through capture antibodies partially blocks the flow 

of the ions and therefore increases the charge-transfer resistance increases. Therefore, 

the EIS system can detect the presence of target molecules in the sample by measuring 

the impedance variation due to the changes in double-layer capacitance (Cdl) and 

charge transfer resistance (Rct). By scaling down the dimension of the overall 

electrochemical system, including probes, electrodes, and interfacial reaction area, into 

the nanoscale, the Cdl will be decreased. Therefore, the time constant drops and allows 

a fast response detection system with an ability of measurements in the nanosecond 

ranges. Another advantage of low Cdl is the possibility of conducting the assay in 

high-resistance buffers, which is impractical in macro electrodes [44]. 

A field-effect transistor (FET) is a surface charge sensitive biosensor 

happening by the binding of target biomolecules into the receptor. This sensor 

includes a semiconducting transducer of a field-effect transistor that is isolated from 
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the detecting probe by an insulator layer, usually SiO2. By forming an 

immunocomplex on its probe, the electrostatic surface potential of the semiconductor 

changes and therefore alters the charge distribution at the surface and generates the 

measurable current variations. Special FET biosensors have been emerged by the 

development of post-processing function in standard CMOS chips, e.g., nanowire FET 

[56]. These platforms can sense the charges of ions showing a high capability for 

biomolecule detection. Unlike the traditional electrical-based biosensors, these FET 

platforms employ different probing architecture and demand further post-processing. 

But the general working principle is comparable to the EIS systems, and the different 

target biomolecules on the sensor interface change the electrical properties, and thus 

generates the measurable signals.  

1.3.2.2 Non-faradaic biosensors 

 

Contrarily to the faradaic biosensors, non-faradaic sensors measure changes in 

the electrical parameters of electrodes induced by interactions of target biomolecules 

on the electrodes. Generally, faradic electrochemical biosensors are more sensitive 

compare to the non-faradic. However, they have a complicated structure that requires 

a reference electrode and relies on electrochemical reactions of redox. The interfacial 

capacitance is adopted at an electrode that is immersed in a buffer in the absence of an 

added redox probe. This buffer can be used as a sensitive function of surface change 

caused by bioreaction. Capturing the target biomolecules results in variations of 

dielectric constant, charge distribution, electrolyte or water penetration and 

consequently induces capacitance variation. Other than recognizing antibody and 

antigen reaction, diseases and infections can be determined with this method. By 

attaching the biomarker of specific disease into the probe of an interdigitated 

electrodes (IDE), a direct electrical signal variation can be measured, using a dielectric 

impedance analyzer [57, 58].  

IDEs have the ability to measure wide ranges of signals based on their design 

for various applications. The design parameters for IDEs include electrode sizes 

(fringe), the gap between electrodes (spacing), the immobilized insulating layer [59], 

the height of the electrodes, the aspect ratio of the IDEs [60], and the material to be 
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used that can affect to the sensitivity of the impedimetric biosensors and should be 

considered for enhancing the signal-to-noise ratio in the impedance-based 

measurements. IDEs generally can be made of any conductive materials having 

different surface properties. The IDEs can be featured on different substrates such as 

silicon, silica, and glass that are biologically compatible. As stated before, one of the 

important applications of electrochemical impedance spectroscopy is to inspect the 

dielectric properties and the interaction of protein molecules. The interaction of these 

molecules at low-frequency range produces a new charged layer acting as a 

capacitance that is proportional to the double-layer capacitance (Cdl). This decreases 

the double-layer capacitance and consequently increases the impedance, that proves 

the ability of IDEs as a worthy sensitive immunosensor. 

1.3.3 Optical-based biosensors 

 

Optical-based detection biosensor is the result of utilizing the interaction of the 

optical field with a biorecognition element. Optical biosensing can be conducted label-

free and label-based depending on the employed technique. Label-based sensing 

involves the use of a label, and the optical signal is then generated by a colorimetric, 

fluorescent, or luminescent method. The principle of fluorescent biomolecule assay is 

the detection of a fluorescence signal from a labeled fluorescent tag after washing the 

unconjugated tag. Due to Stokes shifting, these fluorescent labels emit a signal at a 

longer wavelength upon excitation from an external light source. Then, the delegated 

transducer, i.e., photodetector, collects these signals and transduces them to the 

electrical domain (i.e., voltage or current) for signal amplification and conditioning. In 

a label-free mode, the detected signal is generated directly by the interaction of the 

analyzed material with the transducer. There is a wide range of label-free optical 

biosensors working based on the refractive index (RI) change and optical resonant 

[61]. Surface plasmon resonance and optical Fabry-Perot cavity-based biosensors are 

two attractive methods among many RI detection mechanisms.  

Surface Plasmon Resonance (SPR) is a powerful label-free optical detection 

strategy for immunoassays and biomolecule interaction due to its unique advantages of 
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sensitive, label-free, and real-time measurement of antibody-antigen interaction. With 

this technology, other than the concentration of the target molecule, kinetics, and 

affinity of biochemical reaction can be readily attained. In the many commercialized 

SPR platforms, a detection scheme of Kretschmann (or Kretschmann-Raether) is 

utilized. In this configuration, polarized light with a specific angle passes through a 

prism and illuminates to the backside of the sensing spot and reflects into a detector. 

The sensing spot is usually a thin layer of gold on a glass substrate. At a certain 

incident angle, known as the resonant angle, light is absorbed by the electrons in the 

middle film of the chip and cause it to resonate. These resonating electrons, also 

known as surface plasmon, are sensitive to the surrounding environment. The loss in 

the intensity of the collected reflecting beam on the detector that appears as a dark 

band can be visualized in the SPR reflection intensity curve. To investigate the 

biomolecule interaction, the sensing spot is first covered by a capture antibody (or any 

prob molecules). As target molecules are captured by the immobilized antibodies on 

the sensing spots, the angle position of the dark band will be shifted. This variation on 

the  reflectivity curve can be monitored over a time to obtain the kinetic of the 

biomolecules interaction [62]. Due to the costly instruments involved in SPR and its 

need to be run in a clinical environment by an experienced user, it is not an application 

platform to be used as a POC device.  

The optical cavity structure is a new platform with the potential to become a 

successful POC device. It is created by two partially reflective surfaces, usually 

depositing a thin metal layer on a glass substrate. The light beams emitted from the 

laser sources on the optical cavity, and after reflecting multiple times in between the 

mirrors, a small amount of the light wave exits the cavity into the sensing camera. Any 

changes in the surface properties cause a resonant response in the output light, which 

is dependent on the refractive index of the space confined in the cavity. By introducing 

various biomolecules, the local refractive index will be changed if they are captured 

by the specific pre-immobilized receptors on the track of the passing beams. This 

changes in the refractive index allow us to detect not only the presence of target 

biomolecules in the injected sample but also the concentration of the targets [63]. 
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1.4 Digital POC diagnostics 

 

Regardless of the POC field, it has been usually of our interest to miniaturize 

devices and instruments due to the various advantages. In the field of the biosensor, 

for example, reducing the sizes into the micro- or nanoscale enhances the signal-to-

noise ratio and allows us to use a smaller volume of samples and reagents that results 

in lowering the costs of the assay. Additionally, by reducing the dimensions into the 

nanoscale, the surface-to-volume ratio of reactive components and the active sensing 

areas increase. Also, the sizes of the detecting electrode become compatible with the 

target biomarker. This not only results in reducing the reaction time but also causing 

both enhanced binding efficiency and reduced non-specific binding [44]. 

Although the principles of biosensors have been developed for more than 50 

years, their actual application as biosensors has been investigating extensively in 

academia during the last decade [44]. To develop a reliable POC platform as a 

promising substitute to the sensitive clinical tests, the ASSURED policy, which stands 

for Affordable, Sensitive, Specific, User-friendly, Rapid and robust, Equipment-free, 

and Delivered should be well deliberated [43]. To date, other than electrochemical 

glucose biosensors and lateral flow pregnancy tests, very limited POC platforms have 

achieved global commercial success at the market and have not yet been able to meet 

the expected ASSURED criteria for biomolecule measurement. 

Nowadays, digital health monitoring systems draw lots of attention due to their 

compatibility with the current digital facilitates such as smartphones, laptops, and 

portal services. Digitalized personal healthcare devices considerably can enhance the 

receiving treatment of patients by effectively monitoring their health condition. Also, 

by improving the mobile healthcare (mH)-equipped POC instruments, they can be 

expanded to the ambulances and first-aid assistance, which would help doctors to 

make rapid initial decisions and prescribing superior clinical treatments [64]. 

Digitalized POC devices provide additional unique advantages over the conventional 

platforms. As opposed to conventionally developed POC devices that rely on 

chromatographical methods and provide qualitative results, by digitalizing the readout 
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signal, we can not only eliminate the misinterpretation of the test results but also get 

the quantitative outcome. 

Additionally, digitalized biosensors can process an extensive series of data and 

analyze the signals, enabling them to obtain real‐time diagnostics tools and 

information. Moreover, incorporation of the digitalized biosensors with smartphones 

has developed this new and fast-growing field of digital healthcare or mobile health. 

Digital healthcare facilitates tracking the patient’s health conditions from a distance by 

the health providers [65]. 

1.4.1 Need for POCT 

 

By the high rate of human population increment in recent decades, the number 

of different diseases, including non-communicable (such as cardiovascular[66], 

cancer, diabetes[67], hypertension[66]), infectious diseases, and zoonosis have been 

increased drastically. Practitioners are continuously struggling and investigating the 

best care and consider the diagnostics as an essential step to provide timely and 

suitable treatment to patients. However, many of the currently available biomolecular 

detection platforms do not satisfy the ASSURED criteria restraining their application 

in remote areas or out of lab settings. The main weakness is the extended testing time, 

particularly for the diseases with time-sensitive treatment that arises a pressing need to 

develop POC diagnostic at the retail level.   

POC testing is a requirement for healthcare and health science in the world-

wide scale, providing cost-effective and rapid diagnostic results at the patient bedside. 

A right POC device can be operated by a lay person in remote settings with limited 

clinical facilities.  The main characteristics of an appropriate POC device are easy to 

use, portability, repeatability of results, low-cost, and providing rapid tests. Generally, 

these devices are categorized into two main classes of bench-top and handheld 

devices. Bench-top platforms are scaled-down types of workstations in the clinical 

laboratories with a simplified running procedure. But the handheld devices are 

miniaturized utilizing micro/nanotechnologies. To develop these devices, various 

micro/nanofabrication is required. They are designed by proper integration of different 
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simplified prerequisite test steps, including sample preparation and also utilizing 

automated sample handling [68]. 

POC technology permits the compilation of accurate medical information and 

the identification of health problems nearly instantaneously. POC devices allow 

prompt, lifesaving treatment, and it is no surprise that the market for them has rapidly 

expanded in recent years. In 2018 the global POC market was worth $23.98 billion 

and was forecast to reach $50.51 billion in 2026. The POC market is exhibiting the 

fastest growth in the Asia-Pacific region because of international initiatives to improve 

healthcare and the massive investments into technological and medical research in 

China and India, each nation having to serve over one billion citizens’ healthcare 

needs. Elsewhere in the world, Europe has increasingly utilized POC devices to deal 

with the medical demands of rapidly aging national demographics, while in North 

America the market is flourishing because numerous biomedical companies have 

invested in POC development to confront a population that tends to live unhealthily 

and as such is particularly prone to ailments such as diabetes and cardiovascular 

disease. The evolution of POC technology depends on advances in microfluidics to 

equip POC devices with the most cutting-edge biosensor platforms.  

 

1.4.2 Bioanalytical parameters 

 

The minimum amount of analyte that can be detected by a biosensor defines its 

limit of detection (LOD) or sensitivity. In other words, having a high sensitivity means 

the ability to measure the lower concentration of the biomolecules or low LOD. 

Selectivity is another essential feature of a biosensor, which is the ability of a 

bioreceptor to detect a specific analyte in a sample containing other biological 

components and/or contaminants. Higher selectivity allows us to develop multiplex 

biosensors by recognizing multiple target biomolecules from one sample. 

Reproducibility is the ability of the biosensor to generate identical responses for a 

duplicated experimental set-up. A reliable device should generate similar signals with 

lower deviation by running the same sample. The stability of a biosensor demonstrates 
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the level of its susceptibility to the ambient conditions and disturbances in and around 

the measuring system. These disturbances can interfere with the absolute results and 

cause a drift in the output signals of a biosensor, affecting the measured concentration 

and the accuracy of the final results. This feature particularly comes into account in 

applications with longer incubation time or need for continuous measurements 

 

1.4.3 Need for integration 

 

To develop a compact testing instrument on a single handheld device, a proper 

fluidic regulating system is needed to be implemented with the detection components. 

This can be satisfied by integrating microfluidics chips that allow them to obtain a real 

POC platform. Microfluidics technology has been broadly used in biological studies 

for various purposes of call culturing, immunoassay, cell-based assays, etc. A distinct 

characteristic of microfluidics is their ability to control the flow accurately and, 

therefore, precisely adjusting the ratio of the analytes, which is an important parameter 

to conduct sensitive and accurate tests. Microfluidics based POC offer prevailing 

platforms for the various chemical and biochemical analysis due to several advantages 

that are inherently accompanying, e.g., easy fabrication procedures, rapid reactions, 

requiring a lower amount of reagents, enhancing the sensing characteristics,  and 

easily tracking and monitoring the reactions. 

Microfluidic chips usually consist of different components, including inlets 

and outlets for fluids, series of microchannels in various architecture for fluidic 

handling, and specific microfluidic components (i.e., microvalve, diode, micropump). 

The properties of microfluidic chips depend on the materials that have been selected 

for a device. Appropriate selection of materials also helps us to determine the range of 

flow rate, flow control systems, surface properties, detection methods, biomolecule 

handling, and the microfabrication procedure. Therefore, it is essential to accurately 

select the microfluidic chips’ material for the integrated POC platforms based on their 

specific application considering surface properties, thermal, electrical conductivity, 

and the required microfabrication procedure [68]. 
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A fully integrated platform is a crucial factor in achieving a commercialized 

POC device. As discussed previously, proper integration of microfluidic systems not 

only minimizes the overall size of the device but also allows us to have disposable 

biochip, which eliminates the cross-contamination for biomolecule detection. 

Additionally, this facilitates the packaging process, which improves the shelf-life of 

the self-contained biochips and long-term applications. To date, several microfluidic-

based POC devices have been introduced. However, the need for expertise operators, 

higher final product prices, and off-chip peripheral instruments, such as controllers, 

flow regulatory units, power supplies, etc. hinders their application. 

1.4.4 Next generation of personalized healthcare 

 

Although including all necessary components for a miniaturized sample to 

answer the POC platform have been progressed significantly, it still needs further 

advancement by integrating proper microfluidics, reagent preparation steps, and data 

monitoring. These should be accompanied by strategies for long-term reagent storage 

and usage of the chips, as discussed above. Due to the vulnerability of many 

bioreagents under the room temperature, storage conditions for long-term usage of 

biochips in the portable platforms would be the foremost issue. 

Translation into commercially viable products and clinically validated devices 

is a critical challenge that needs to overcome for the next generation of personalized 

healthcare. This would be achieved by addressing the bioanalytical characteristics (see 

section 1.4.2) for the proposed platform. One of the approaches is utilizing the 

emerging nanomaterials to enhance analytical performance and tests’ sensitivity. 

However, the cytotoxicity of these materials must be adequately addressed. To achieve 

POC devices that are compliant with regulatory guidelines and healthcare 

requirements, they need to be precisely investigated by accredited technologies and 

certifying batch-to-batch variability.  

Utilizing smartphones as a downstream signal processor or communicational 

unit to transfer the test results to the clinical settings has been considered as an ideal 

platform for the next generation of personalized POC monitoring. To this end, 
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contamination issues, the hygiene aspects, and disposal chips also need to be 

addressed for smart-phone(SP)-based devices. Furthermore, by the advancement of 

international cloud computing standards (e.g., Euro Cloud and Google's Data 

Liberation Front), SP-based devices can upload the patients' record in these cloud 

computing to be accessible by the multiple health providers or future check-ups. This 

needs to secure the patient's health records by advanced encryption algorithms. There 

also may be a need to establish bidirectional communication between POCT 

instruments and a central data-storage server to ensure synchronization of records and 

give patients an interface to access their data [69]. 
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CHAPTER II:  

 

CAPILLARY-DRIVEN MICROFLUIDICS FOR 

MACROPARTICLE-LABELED IMMUNOASSAY 

 

A simple, reliable, and self-powered capillary flow-driven microfluidic 

platform is developed for conducting microparticle-labeled immunoassays. To obtain 

the washing forces and binding kinetics appropriate for microparticle-labeled 

immunoassays, both microchannel networks and sample access holes are designed and 

characterized to confirm the fluidic routes. To demonstrate two different types of 

immunoassays, serial and parallel capillary-driven microfluidic platforms were 

developed for mouse immunoglobulin G (IgG) and cardiac troponin I (cTnI) using 

detection antibody-conjugated microparticles, respectively. Using the serial capillary-

driven microfluidic platform, we successfully demonstrated IgG quantification using 

direct immunoassay and achieved a limit of detection (LOD) of 30 pM by using pre-

immobilized mouse IgG. In the parallel capillary-driven microfluidic platform, a 

sandwich immunoassay for detecting cTnI was demonstrated, and a clinically relevant 

LOD as low as 4.2 pM is achieved with minimal human intervention. In both assays, 

the association rate constants (Ka) are measured to estimate the overall assay time. 

According to these estimations, microparticle-labeled immunoassays could be 

conducted in a few minutes using the proposed capillary-driven microfluidic devices. 

By coupling with various magnetic sensors, these simple immunoassay platforms 

enable us to achieve a true sample-in-answer-out device that can screen for a variety 

of targets without relying on external power sources for fluidic manipulation. 

 

2.1 Introduction 

 

A microfluidic device allows small volumes of target samples and reagents to 

be used for a variety of biological and chemical screenings. However, to control flow 

precisely, most microfluidic devices rely on active fluid-control systems, such as 

syringe pumps, centrifuges, and electrical and mechanical actuators [70-74]. Though 
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active systems enable the accurate manipulation of nano- and pico-liter samples, they 

can be impractical for point-of-care (POC) diagnostics due to their high-power 

requirements, multiple fabrication steps, and complex controlling circuits. Recently, 

much effort has been devoted to developing passive transport mechanisms such as 

hand-power devices [75-77], pre-vacuumed [78, 79], and capillary driven 

microfluidics [80-84], that can simplify overall microfabrication and microfluidic 

operation, rendering microfluidic platforms highly portable and versatile overall. By 

incorporating passive transport mechanisms, highly practical POC screening platforms 

can be developed by coupling various sensing tools to isolate and identify various 

biomolecules.  

Among passive control systems, capillary flow-driven systems are the most 

attractive approach due to cost-effective fabrication and simple fluidic operations. 

Various capillary-flow-driven systems have been introduced to isolate plasma, detect 

various biomarkers, and enable the autonomous, simple, and controlled manipulation 

of liquids. A multi-parametric microfluidic chip that allows a one-step immunoassay is 

developed for C-reactive protein (CRP) [81]. First, detection antibodies (dAbs) and 20 

µL of human serum were combined in the Dean flow mixer. This mixture was then 

analyzed in 6 parallel microchannels, each of which produced a different level of 

hydraulic resistance and, thus, a different reaction time. Although this microfluidic 

chip is well-designed, the assay results are highly dependent upon the success of a 

washing function to remove unspecific bindings. 

Moreover, a fluorescent scanner is required to obtain the assay results, which 

limits the portability of this assay platform. Another capillary-driven microfluidic 

immunoassay was introduced using an embedded optical component in a single 

microchannel that measures the fluorescence intensity to detect cardiac Troponin I 

(cTnI) [84]. This platform achieved a good sensitivity with 24 pg mL-1 with a standard 

sandwich immunoassay procedure. However, it has limited scalability to increase 

overall throughput since parallel sensing by splitting or controlling exciting beam 

using the embedded micro-lens can decrease sensitivity and portability.  
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A microparticle-labeled assay has been developed that is equally sensitive to a 

standard fluorescence technique and does not require any complex fluorescent 

detectors. This assay format was recently used to detect Tetrodotoxin (TTX) [85] , 

Hepatitis B surface Antigen (HBsAg) [86], Human IgG [87], and Tumor Necrosis 

Factor-α (TNF-α) [88]. In general, target molecules were covalently immobilized on a 

substrate, which was mounted onto a compression-sealed fluid cartridge featuring a 

macroscale valve and flow cells connected to a peristaltic pump for fluidic 

manipulation. A mixture of target molecules and dAb-coated microparticles were then 

pumped onto the surface of the substrate, and the surface coverage of the 

microparticles was measured to quantify the target molecules. One of the key 

challenges is to minimize non-specifically bound microparticles to achieve highly 

sensitive immunoassay. Previous studies found that hydrodynamic forces between 0.1 

and 10 pN can rupture non-specific bonds and that those between 6 and 250 pN 

preserve specific bonds [89-91]. Exploiting the controlled hydrodynamic forces 

imposed by the flow velocity, non-specifically bound microparticles were removed 

from the detection area to increase the signal to noise ratio [88]. Even though these 

assay demonstrations achieved relatively good LOD, bulky fluidic control systems 

were used to handle the samples and reagents. To improve the sample handling of 

these microparticle-labeled immunoassays, an automated microfluidic device was 

developed that improves sample delivery by using controlled hydrodynamic washing 

to remove unspecific bindings [72]. The resulting platform was used to conduct two 

different immunoassays for mouse IgG and human prostate specific antigen with limits 

of detection of 1.8 and 3 pM, respectively. Despite the advantages of this platform, 

however, the difficulty of fabricating the multilayered microchip and external 

pneumatic system limited its use in POC diagnostics.  

In this chapter, we designed a capillary-driven microfluidic device that uses a 

bridging hole between the inlet and the outlet to deliver analytes and washing 

solutions automatically and sequentially. To obtain the necessary sensitivity, we 

examined flow characteristics and calculated the hydrodynamic force on biomolecules 

on both serial and parallel designs. To validate these devices, we conducted 
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microparticle-labeled immunoassays using small volumes (~1 µL) of analytes to 

detect mouse IgG and cTnI by determining the surface coverage of microparticles. We 

achieved the association constant and relevant LOD for mouse IgG and cTnI. This 

simple, capillary-driven microfluidic platform can be used to conduct a variety of 

bioassays by integrating with biosensors in settings with limited access to laboratories. 

 

2.2 Design and working principle 

 

As shown in figure 2.1 (A) and (B), two passive microfluidic devices which 

are a serial capillary-driven microfluidics (SCM) and parallel capillary-driven 

microfluidics (PCM) are designed for direct and sandwich immunoassays, 

respectively. Both devices have three functional sections. The buffer priming section 

(1) contains buffer solution for washing and is filled via the inlet hole (D = 2.5 mm). 

The assay section (2) is where the assay occurs and contains antibody-functionalized 

patterns. The waste-bin (3) holds all samples and reagents while the assay is 

completed. A sample-in hole (D = 0.5 mm) between the inlet and the outlet allows for 

the sequential delivery of analyte and buffer solutions. By connecting multiple 

microchannels using a similar design concept, precisely designed branches in the PCM 

produce equal hydraulic resistance in each branch. To load multiple target samples, 

the PCM has multiple sample-in holes as well as a dAb-delivery hole for detection 

antibody-conjugated microparticles. The meandering design of the channels in both 

the buffer priming section and the assay section allows the device to be miniaturized. 

The channel in the buffer priming section has a fixed width of 500 µm and a length of 

80 mm, allowing it to accommodate a sufficient volume of buffer solution while 

maintaining low hydrodynamic resistance. In contrast, the channel in the assay section 

has a width of 200 µm, which is small enough to minimize the required analyte 

volume and to keep the velocity in the desired range.  
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Figure 2.1. Description of a capillary-driven microfluidics device for microparticle-

labeled immunoassays. (A) Design for a direct immunoassay. (B) Parallelized design 

for a sandwich immunoassay. 

 

Initially, the priming section are filled with phosphate-buffered saline with 1% 

w/v bovine serum albumin (BSA), PBSB, up to the sample-in hole(s). For SCM 

described in figure 2.1(A) with the height of 120 µm, by loading 20 µL PBSB via the 

inlet, the buffer can cover a distance of 35 mm after the sample-in hole due to the 

capillary force and the upstream hydraulic pressure. Passing PBSB buffer through the 

sample-in hole accomplishes the dynamic adsorption of BSA to simplify passivation 

of the channel surfaces in the assay section [92]. Once the SCM is primed, 1.5 µL of 

detection antibody-conjugated microparticles is loaded via the sample-in hole and the 

tape on the outlet is removed to perform direct immunoassay. For PCM having height 

of 90 µm, by priming with the same procedures, each of four branches are covered 

with the same length of 44 mm with PBSB. Then, four different concentrations of the 

target and detection antibody-conjugated microparticles are introduced via the sample-

in holes and the dAb-delivery hole, respectively as shown in figure 2.1 (B). By 

detaching the tape, the loaded target samples, the conjugated microparticles, and the 
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buffer solution are sequentially delivered into the assay section and transported into 

the waste-bin. This sequence allows the formation of immunocomplex and remove 

unbounded target samples and microparticles by washing with the buffer solution.  

 

2.3 Materials and methods 

2.3.1 Device fabrication 

 

A microfluidic channel was created using conventional soft lithography. First, 

the microchannel was modeled in AutoCAD, and a photomask for UV exposure was 

purchased (CAD/Art Services, Inc., USA). Next, SU-8 2035 (MicroChem Corp., 

USA) was dispensed onto four silicon wafers (Addison Engineering Inc., USA) and 

spin-coated at different speeds to obtain channel heights of 30 µm, 60 µm, 90 µm, and 

120 µm. The wafers were then sequentially soft baked at 65 ºC and 95 ºC and exposed 

to UV light (UV-KUB 2, France) through a PL-360LP optical filter (Omega Optical 

Inc., USA) to create straight sidewalls for the microchannel. The wafers were then 

baked again at 65 ºC and 95 ºC for a post-exposure bake. The microchannel pattern 

was developed using SU-8 DEV (MicroChem Corp., USA). Poly-(dimethylsiloxane) 

(PDMS) pre-polymers (Sylgard 184, Dow Corning, Midland, MI) and a curing agent 

were mixed in a 5:1 ratio, which provides relatively low surface roughness and air 

permeability compare to normal 10:1 ratio [93, 94], and poured into the SU-8 mold. 

To complete the polymerization of the PDMS, the mold was cured on a hot plate for 

60 minutes at 100 ºC and stored in an oven overnight at 65 ºC. After all of the inlet, 

outlets and holes were punched into the PDMS replica with manual biopsy puncher, 

the replica was permanently bonded to a glass slide after the oxygen plasma treatment. 

This fabrication process is detailed in figure 2.2. 
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Figure 2.2. The photolithography of channel fabrication. (A) Photoresist (SU-8 2035) 

is spin coated onto the silicon wafer. (B) After the patterned mask is aligned, the 

surface is exposed to UV. To achieve a high side-wall quality, a PL-360LP 

photolithography mask aligner filter is used. (C) The photoresist is washed with an 

SU-8 developer. (D) A PDMS base material and a curing agent are mixed in a 5:1 

ratio, poured onto the channel mold, and then cured. (E) The PDMS layer is peeled 

off. (F) The PDMS layer is bonded to the functionalized glass substrate. 

 

2.3.2 Hydrodynamic forces 

 

To ensure that a microparticle-labeled immunoassay is highly sensitive, the 

surface of the substrate should be washed with a hydrodynamic force sufficient to 

remove unspecific microparticles. Assuming a uniform laminar Poiseuille flow, the 

flow velocity from the plane wall at bead radius (a) is estimated by: 

𝑣𝑧=𝑎 = 𝑉 × 
6𝑎

ℎ
   (2.1) 

, where V is the bulk velocity and h is the channel height [72]. On the Stokes 

formulation of uniform flow, the force (F) and the torque (T) on a bead are estimated, 

respectively, by 𝐹𝑠 = 6𝜋𝜂𝑎𝑣 and 𝑇𝑠 = 4𝜋𝜂𝑎2𝑣, where 𝜂 = 1𝑚𝑃𝑎. 𝑠 is the dynamic 

viscosity of the fluid. Because a tether length is very small compared to a 

microparticle, shear-induced force and torque both approach finite limits as a 

microparticle contacts a wall. These limits can be estimated by 𝐹 = 1.70 ×  𝐹𝑠 and 

𝑇 = 0.944 ×  𝑇𝑠, respectively [95]. The microparticle tether acts as a lever, exposing 

the microparticle to repercussion torque. The hydrodynamic shear force on the 

microparticle is magnified by the ratio of its radius to its distance from the wall (see 



Texas Tech University, Ali KhodayariBavil, August 2020 

45 

figure 2.3). The force applied by the fluid is coincident with the torque introduced by 

the tether so that the total force can be approximated by: 

𝐹𝑡𝑒𝑡ℎ𝑒𝑟  ≅ (𝐹 +
𝑇

𝑎
)√

𝑎

2𝐿
  (2.2) 

, where L is the length of the tether [89]. Since the magnitude of this force on the 

particles is highly dependent on flow velocity, further investigations are required to 

obtain flow velocity associated with microchannel geometry in capillary-driven 

microfluidic platforms. 

 

 

Figure 2.3. Forces on a single magnetic particle bonded to the capture antibody under 

laminar shear flow.  

 

2.3.3 Flow characterization of capillary-driven microfluidics 

 

The flow behaviors of the sample and buffer solutions in the channel are the 

key parameters in performing a microparticle-labeled immunoassay. In a capillary-

driven flow, the cross section of the channel, the fluid viscosity, and the surface 

tension also affect the flow rate. To achieve an optimized channel aspect ratio, we 

measured only the time-dependent velocities for different channel heights, fixing the 

other parameters. To do so, we recorded the flow at 60 fps and tracked the flow 

meniscus using a homemade MATLAB code, which is shown in figure 2.4. 
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Figure 2.4. Flow velocity measurements. Images extracted from the video of the flow 

movement were analyzed for flow characterization using MatLAB code. (A- D) The 

fluid movement at time steps t(i), t(i+1), t(i+2) and t(i+3), respectively. (E-G) The 

flow displacement for t(i+1)-t(i), t(i+2)-t(i+1), and t(i+3)-t(i+2), respectively. 

 

2.3.4 Microparticle labeled immunoassay 

 

2.3.4.1 Surface preparation 

 

A slide-glass substrate was selectively bio-functionalized with the antibody 

using carbodiimide-induced cross-linking (figure 2.5). The glass slide was first 

cleaned by treating it for 15 minutes with freshly prepared piranha solution—which 

consisted of a 2:1 ratio of H2SO4 (97.5%, v/v) and H2O2 (30%, v/v)—rinsing it 

extensively with de-ionized (DI) water, and nitrogen drying it. A patterned, solid 

PDMS film (HT6240, Rogers Corporation, USA) was used as a mask for surface 

functionalization, and the area exposed to air was treated with oxygen plasma to 

promote hydroxylation. The surface was then treated with a 5% (3-Aminopropyl) 

triethoxysilane (APTES) in deionized (DI) water for 30 minutes to produce self-

assembled monolayers (SAMs) containing amino-functionalized sites. After the slide 

was washed with DI water and the APTES-treated regions was nitrogen dried, the 

slide was stored in a desiccator until it was used.  
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Figure 2.5. Surface functionalization and biochemistry. (A) The glass slide is cleaned 

with piranha solution and covered with a patterned PDMS film. (B) The substrate is 

treated with oxygen plasma to promote hydroxylation. (C) The hydroxylated surface is 

functionalized using a 5 % (3-Aminopropyl) triethoxysilane (APTES) solution. (D) 

Antibody immobilization chemistry is introduced via the EDC and NHS-based 

heterobifunctional crosslinking method. (E) After the PDMS is bonded to the glass 

substrate, PBSB is introduced into the microchannel. (F) In the serial design, 

biotinylated anti-mouse IgG conjugated with streptavidin-coated microparticles is 

introduced via the microfluidic channel. (G) In the parallelized design: i. cTnI 

incubation on cAb. ii. dAb conjugated with microparticles flows over the patterned 

area to complete the immunocomplex. 

 

2.3.4.2 Demonstration for mouse IgG  

 

As a preliminary confirmation of this device, we used the SCM to conduct a 

simple direct immunoassay for mouse IgG. The surface of the glass substrate was 

functionalized with six different concentrations of mouse IgG that ranged from 500 µg 

mL-1 to 5 ng mL-1 and were obtained using a 10-fold dilution in PBS. First, the mouse 

IgG antibody (Thermo-Fisher Scientific Inc., USA) was immobilized using the 1-

Ethyl-3-(3-dimethylaminopropyl) carbodiimide (EDC) and N-hydroxysuccinimide 

(NHS)–based carbodiimide coupling method. After the antibodies were activated with 

EDC–NHS, they were incubated for 40 minutes on amine-functionalized patterns. All 

excess antibodies were then extensively washed with PBS.  

To prepare antibody-conjugated microparticles, 1 µm sized magnetic 

microparticles (MyOne Streptavidin T1, Thermo-Fisher Scientific Inc., USA) were 

washed three times in PBS with Tween-20 (PBST, 0.1% v/v). 2 µL of microparticles 
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were then mixed with 50 µL of 7 µg mL-1 biotinylated goat anti-mouse IgG (Abcam 

Inc., USA) and gently rotated for 30 minutes at room temperature. The anti-mouse 

IgG conjugated with magnetic microparticles was washed three times with PBST (1% 

Tween-20) to ready it for use in the microparticle-labeled immunoassay. To 

demonstrate that the immunoassay can detect mouse IgG, 1µL of the microparticles 

conjugated with biotinylated anti-mouse IgG was introduced through the sample-in 

hole. The sample was automatically delivered to the assay section when the cover tape 

was removed from the outlet. This hydraulic washing simultaneously regulated the 

capillary flow, delivered the sample, and removed any unbound microparticles from 

the surface of the substrate. The assay was completed in only 3 minutes. 

 

2.3.4.3 Immunoassay for cardiac Troponin I 

 

The device’s capacity for sandwich immunoassay was demonstrated by using 

it to detect cardiac Troponin I (cTnI) on PCM. A capture antibody (cAb), monoclonal 

anti-cardiac Troponin I (ab10231, Abcam Inc., USA) was diluted with PBS to make 

500 µg/mL and immobilized on the glass surface indicated in figure 2.5 via the 

carbodiimide coupling method described above. Human cardiac Troponin I 

(ab207624, Abcam Inc., USA) was diluted with PBS (using 100-fold dilutions) to 

obtain four different concentrations ranging from 100 µg/mL to 0.1 ng/mL, and these 

concentrations were loaded through the sample-in holes. 500 µg/mL of anti-cardiac 

Troponin I antibody (ab47003, Abcam Inc., USA) was conjugated to 2.8 µm magnetic 

microparticles using Dynabeads Antibody Coupling Kit (Thermo Fisher Scientific, 

USA). 1 µL of conjugated microparticles was loaded through the detector-delivery 

hole. When the tape on the outlets was removed, the troponin I and the microparticles 

passed sequentially over the capture-antibody-coated assay section and were followed 

by a stream of washing solution.  

 

2.3.4.4 Binding kinetics 

 

During the microparticle immunoassay, the association/dissociation reactions 

[96] for the different concentrations of analytes were evaluated under the capillary 
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flow using a programmable, motorized-stage optical microscope. First, the coordinates 

of patterned spots on the surface, the length of the video acquisition, the number of 

repetitions, and the total time of the experiment were coded into the imaging software 

that controlled the NIS-Elements microscope (Nikon Ti-E, Japan). Then, starting the 

assay, we ran the NIS manipulation program and analyzed the extracted frames of the 

recorded videos using the image processing feature of the software. The number of 

beads at a chosen spot was measured every 40 seconds, and these measurements were 

plotted against the reaction time to obtain the association constants for each assay.  

 

2.4 Results and discussion 

2.4.1 Characterization of capillary-driven flow 

 

Both theoretical and experimental studies were performed on the SCM to 

characterize its capillary-driven flow. Haigen-Poiseuill’s law which can be obtained 

by solving Navier-Stokes equation dictates that in a rectangular cross-section of a 

microchannel with height and width of h and w, the volumetric flow rate is: 

𝑄 =  
ℎ3 𝑤 ∆𝑃

12 𝜂 𝐿
 [1 − ∑ (

1

𝑛5
 
192

𝜋5
 tanh (𝑛𝜋

𝑤

2ℎ
))∞

𝑛,𝑜𝑑𝑑 ]            (2.3) 

,where 𝜂 is the fluid viscosity. It is found that by simplifying equation (2.3) into 𝑄 =

 
ℎ3 𝑤 ∆𝑃

12 𝜂 𝐿
 (1 − 0.630

ℎ

𝑤
) the error would be less than 13% for h = w, and decreases to 

only 0.2% for h = w/2 [97]. Further simplification leads us to 𝑄 =  
ℎ3𝑤∆𝑝

12𝜂𝐿
, with 

assumption of w > h [1]. The capillarity-induced pressure drops in the channel 

between the entrance and the meniscus are described by the Young-Laplace equation, 

Δ𝑝 =  𝛾. (
cos𝜃𝑇+cos𝜃𝐵

ℎ
+

cos𝜃𝑅+cos𝜃𝐿

𝑤
), in which 𝛾 is the surface tension between the 

liquid and the air and 𝜃𝑇 , 𝜃𝐵, 𝜃𝑅 and 𝜃𝐿are the contact angles at the top, bottom, right 

and left side of the channel, respectively. Since, the wetting of a PDMS surface is 

dependent on time after oxygen plasma treatment [98], all experiments were 

conducted within 30 minutes of oxygen plasma activation to minimize experimental 
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variation. When the gravitational force is neglected, the velocity in the horizontal 

capillary-pump is found by replacing “𝑄 = 
𝑑𝑙

𝑑𝑡
𝑤ℎ” with:  

𝑉(𝑡) =  
𝑑𝐿(𝑡)

𝑑𝑡
= √

𝛾 . ℎ2

24 𝜂 .𝑡
 (
cos𝜃𝑇+cos𝜃𝐵

ℎ
+

cos𝜃𝑅+cos𝜃𝐿

𝑤
)   (2.4) 

As was expected from equation (2.4), overall velocity profiles in the buffer 

priming section shown in figure 2.6 decreased exponentially with time from the initial 

flow velocity of respective channel height. The velocity profiles at transient stages 

show less reliable flow velocity and then become steady over time. Even though there 

are some inevitable variations on PDMS surface mostly caused by time-dependent 

surface wetting properties and inhomogeneous surface charge density after oxygen 

plasma treatment, these velocity profiles show relatively good agreement with the 

theoretical Equations (2.4) which verifies the height-dependency of velocity. To easy 

calculation of capillary velocity in a channel with high aspect ratio (w>>h), we can 

simplify the equation 2.4 into: 

𝑉(𝑡) ≈ √
𝛾 .ℎ

24 𝜂 .𝑡
 (𝑐𝑜𝑠 𝜃𝑇 + 𝑐𝑜𝑠 𝜃𝐵)                               (2.5) 

 

Figure 2.6. Flow profiles for different channel heights. According to the Washburn 

equation, the velocity profiles in the buffer priming section are inversely proportional 

to the square root of passing time. Lines fitted to the experimental values show good 
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agreement with the theoretical analysis. However, the power of “t” in the equations of 

the fitted curves are -0.525 to -0.581 instead of -0.5, depending on aspect ratio varying 

from 6.67 to 1.67. This power value increases with the increase of aspect ratio from 

the high aspect ratio assumption [1, 99]. Error bars represent standard deviation (SD) 

from three independent experiments. 

 

To investigate the consistency of this assumption, we calculated the percent 

error versus the channel aspect ratio (a=w/h) with 𝜃𝑇 = 𝜃𝐿 = 𝜃𝑅 = 45° (PDMS 

contact angle after 30 minutes of plasma activating [100, 101]) and 𝜃𝐵 = 55° (for 

glass [102]), as shown in figure 2.7.  

 

Figure 2.7. Calculation of capillary velocity error for different channel aspect ratio  

 

As shown in figure 2.7, an error of 22.5% and 18% for a = 200/120=1.67 and 

a=200/90=2.22, respectively, is expected for the channels in our design. By using 

simplified equation above with this error plot, capillary velocity can be estimated for 

various aspect ratios without further measurement of the contact angle and surface 

tension as long as the same materials are used. This is part of our ongoing study to 

prepare a technical note for calculating the surface tension in an easy way. 

The average velocity in the assay section was investigated with respect to 

various channel heights as well. In the assay section, antibodies were selectively 

immobilized onto the substrate by masking with a PDMS film having multiple square-

shaped openings. The area contacting with the PDMS film increases its 



Texas Tech University, Ali KhodayariBavil, August 2020 

52 

hydrophobicity, and other antibody-functionalized surface increases its hydrophilicity 

[103]. In this way, the flow velocity was increased on the functionalized surface while 

the surface was wetted by the washing solution. Even though only the surface of the 

glass substrate was modified, these phenomena increased a flow velocity up to 10% on 

functionalized patterns. By flowing the buffer solution over the functionalized 

patterns, the final average velocity becomes stable in the assay section and falls to 2, 

3, and 5.5 mm s-1 for channel heights of 60, 90, and 120 µm, respectively. 

 

Table 2.1: Hydrodynamic forces for microparticle-labeled immunoassays 

Microparticle 

diameter [µm] 

Channel 

cross-section 

[µm×µm] 

Average 

velocity in the 

channel [mm/s] 

Force on the 

bead [pN] 

Total Force 

[pN] 

2.8 850 × 70 0.22 1.2 
24-30 [72] 

2.8 250 × 60 6.66 - 
60 [88] 

1.0 200 × 120 5.5 2.2 
10 

2.8 200 × 90 3 12 
94 

 

2.4.2. Demonstration of the microparticle-labeled assay 

 

With this working principle, two microparticle-labeled immunoassays were 

performed to quantify mouse IgG and cTnI on SCM and PCM, respectively. Key goals 

for a microparticle-labeled immunoassay are to effectively deliver microparticles to 

antibody-coated areas to maximize binding kinetics and to control hydrodynamic 

washing to remove unbound microparticles. To achieve the proper binding kinetics 

between the analytes and the capture antibodies—thereby achieving a high ratio of 

signal to noise—we designed the microchannel geometry to generate an appropriate 

hydrodynamic force under the capillary-driven flow.  

According to equation (2.2), 1 µm and 2.8 µm microparticles in channels with 

heights of 120 µm and 90 µm with a tether length of roughly 20 nm can have 10 and 



Texas Tech University, Ali KhodayariBavil, August 2020 

53 

94 pN, respectively, shown in table 2.1 including previous studies. The total forces are 

less than the adhesion strength in the immunocomplex; however, they are sufficient to 

dislodge nonspecific bindings from the surface. Since the flow velocity was regulated 

for microparticle delivery and any unbound microparticles were removed from the 

surface of the substrate effectively, association and dissociation of immunocomplex 

formation occurred effectively in the absence of any extra hydrodynamic-washing 

steps. To confirm this, the association rate constant (Ka) and the dissociation rate 

constant (Kd) were studied to determine the binding affinity ( 𝑘 =  
𝑘𝑎

𝑘𝑑
 ) of the target. 

Determining the binding affinity of the target, in turn, yielded information about the 

intermolecular interactions and the binding strengths in the biomolecule complex and 

about how it forms and breaks down over time [104]. Optical technologies are 

preferable for measuring binding affinities because they allow direct detection and 

real-time monitoring. When the kinetics of the antigen–antibody interaction was 

assessed using a fluorescence-based biosensor, the results indicated that for channel 

widths larger than ~200 nm, reducing the width of the spot does not significantly 

affect the association rate between the antigen and the immobilized antibody [105]. 

Surface plasmon resonance (SPR), another optical detection technique, is also 

commonly used to measure molecular binding interactions. Although this technique is 

label-free and precise, it requires a specific setup with a processor and demonstrates a 

mass transport limitation [96]. A magnetic-bead-based ligand binding assay was 

recently introduced that uses mass spectrometry to detect human kynurenine 3-

monooxygenase (KMO) [106]. This robust technique requires a chromatographic 

system and can take up to 4 hours. In contrast, we used only binding kinetics to 

investigate the association rate for an immune complex in a few minutes. 

Number of the microparticles were normalized with the final values for the 

various concentrations of mouse IgG (which ranged from 500 µg mL-1 to 5 ng mL-1) 

and plotted versus time, as is shown in figure 2.8(A). As was previously discussed, the 

fitted sigmoid curve reveals an association rate that is initially low because the high 

velocity of the capillary flow that increases reaction limitation [107]. Numerical 

studies have shown that high flow velocities improve surface binding by reducing the 
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mass transport limitation [108]. Low flow velocities, in contrast, increase analyte 

exploitation by extending the assay time. Therefore, the overall binding of the 

microparticles increases considerably 25 seconds after the analytes are introduced; the 

surface coverage exceeds 90 percent of its final value after 3 minutes. Figure 2.8(B) 

shows the real-time, normalized particle densities during the assay for different 

concentrations of cTnI, which ranged from 100 µg mL-1 to 100 pg mL-1. These results 

indicate that the affinity rate in this capillary-driven system is independent of the 

target concentration of the immobilized antibody; the target sample diffuses 

throughout the assay section within a few seconds  because of the high flow velocity at 

the start of sample delivery. Then, as the flow velocity decreases over time, the 

association rate increases and equilibrium is achieved. This occurs in the same amount 

of time for different concentrations of the target antibody. Figure 2.8 reveals average 

association rates of around 4.75×105 M-1 S-1 and 88.18×105 M-1 S-1 were found for 

anti-mouse IgG and anti-human cTnI, respectively. Since washing occurs during the 

same step as does sample adsorption, dynamic binding occurs and there is no separate 

dissociation phase after surface saturation. It should be noted that the equilibrium 

constant is different for each concentration since figure 2.8 shows the normalized 

value by final surface density for each concentration. This real-time microscopy 

technique simultaneously detects antibodies tagged with microparticles and measures 

the binding affinity without relying on any complicated biosensors [104] or special 

surface modifications [96]. Since analytes are labeled with microparticles, the affinity 

rate for a given biomolecule complex can be determined by calculating the 

hydrodynamic forces on the beads and selecting the proper flow rate.  
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Figure 2.8. Kinetic analysis of the binding using the normalized bead number (the 

ratio of the bead number to the final number of beads) versus time for (A) mouse IgG 

and (B) cTnI. N and Nf are the number of microparticles at time and final, 

respectively.    

 

Results from dynamic adsorption experiments for BSA on PDMS and glass 

surface are presented in figure 2.9. Since the quantity of adsorbed bovine serum 

albumin protein increases with increasing bovine serum albumin concentration [92, 

109], passivation using 1% PBSB (10 mg mL-1 BSA) can be done in around 32 

seconds. Thus, we believe that the short passivating time considered in this manuscript 

would be sufficient to minimize non-specific binding on the surface. 
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Figure 2.9. Results from dynamic adsorption experiments for BSA on PDMS and 

glass surface [92] 

 

To evaluate the sensitivity, the portion of a given surface covered with 

microparticles was calculated for each concentration of mouse IgG and cTnI, and the 

results are shown in figure 2.10. When used to perform the assays, our device obtained 

a limit of detection as low as 5 ng mL-1 (equal to 30 pM) for mouse IgG and 0.1 ng 

mL-1 (equal to 4.2 pM) for cTnI. Unlike similar microfluidic devices that require 

fluorescent light to read, our device requires only conventional optical microscopy. 

The standard curve of sensitivity generally shows log-linear dependency on target 

concentration. Due to the sequence of the surface patterns (see figure 2.10), however, 

a slight change in the slope of bead density to target concentration is observed 

between 5 and 0.5 µg mL-1 for mouse IgG as is shown in figure 2.11. Despite the 

favorable LOD of this device, which is in the clinically relevant range [110], a slightly 

lower curve slope is observed than with traditional ELISA immunoassays. This can be 

explained by two factors: spontaneous dilution phenomena and the low incubation 

time for the target required by this device. It should be noted that because a back-flow 

regime occurs after the target is dispensed in the parallelized design, the target dilutes 
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spontaneously before it flows over the functionalized area. Additionally, it is crucial 

that patients affected by cardiac disease quickly seek proper triage and treatment in the 

early stages of the disease [110]. Instead of taking hours, as it does with the standard 

ELISA assay, cTnI detection takes less than 10 minutes (including a 1-minute 

incubation time) with this device.  

 

Figure 2.10. The bead populations (A) for mouse IgG and (B) for cardiac Troponin I. 

(C) The limit of detection for mouse IgG and cTnI is plotted as the bead density 

(number of detectors per area) versus the target concentration. 
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Figure 2.11. The actual device was selectively bio-functionalized with different 

concentrations of the capture antibody. 500 µg mL-1, 50 µg mL-1, 5 µg mL-1, 500 ng 

mL-1, 50 ng mL-1 and 5 ng mL-1 are designated by C1, C2, C3, C4, C5, and C6, 

respectively. 

 

2.5 Conclusion and prospects 

 

We introduce a novel, easy-to-use, and fast-response passive microfluidic 

platform for microparticle-labeled immunoassays. This device uses capillary-driven 

flow to precisely control flow velocity and maximizes mass transport, forming an 

immune complex, and performing hydrodynamic washing without an external energy 

source. Different channel aspect ratios produce different flow velocities and exert 

different amounts of drag force on the microparticles. To achieve a proper range of 

hydrodynamic force, the appropriate channel geometry selected for each assay. Two 

immunoassays are conducted on two platforms of SCM and PCM to quantify mouse 

IgG and cTnI, respectively. To determine the binding kinetics, the surface coverage 

was monitored during the assay and plotted versus time to estimate the affinity for 

various target concentrations. From these demonstrations, we confirmed that this 

unique platform could be extended to a variety of immunoassay formats by simply 

replacing the antibody types and adding additional parallel channels for multiple 

sample-in holes. By coupling with sample preparation systems and magnetic sensors, 

this platform can move one step closer to a real sample-in answer-out system. 

Previously, we successfully demonstrated a serum separator to perform immunoassay 
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and glucose tests using the Vivid Plasma Separation GX membrane (Pall Life 

Sciences, USA) [24].  By embedding this membrane onto sample inlets [16], one-step 

serum separation can be implemented to improve the practicality of this capillary-

driven microfluidic immunoassay platform. Furthermore, miniaturized downstream 

biosensors can be used to measure surface coverage of magnetic particles instead of a 

bulky optical microscope. Due to the simplicity of this device, the platform can be 

integrated with Giant Magnetoresistance (GMR) [111, 112] or Hall-effect bead 

detectors [113, 114] to achieve a biosensing platform for resource-limited settings. 

One of the critical challenges for a capillary-driven microfluidic device is to 

maintain the surface wetting property to obtain excellent repeatability of 

immunoassays. This can be achieved by using surface modification techniques or 

alternative materials. A layer-by-layer (LBL) deposition of positively and negatively 

charged species followed by aqueous NaCl solution [115], deposition of polyvinyl 

alcohol following plasma treatment [116], or poly(ethylene glycol) coating produce 

long-term stable hydrophilic surface for PDMS channels. Additionally, different 

polymeric materials such as polycarbonate (PC), poly- methyl-meta-acrylate 

(PMMA), cyclic olefin copolymer (COC), and polyimide have been introduced to 

overcome the innate drawbacks of PDMS [117]. Utilizing these techniques will 

change the flow velocity regime due to different surface wettability. Further flow 

characterization should be elaborated to determine a range of the flow rate for 

implementing microparticle-labeled immunoassays effectively. 

  



Texas Tech University, Ali KhodayariBavil, August 2020 

60 

CHAPTER III:  

 

MICROFLUIDIC-BASED IMPEDANCE BIOSENSOR FOR 

MICROPARTICLE-LABELED IMMUNOASSAY  

 

An impedimetric biosensor is to measure electrical impedance changes by the 

presence of biomolecules from sinusoidal input voltages. In this paper, we present a 

new portable impedance-based biosensor for immunoassay, considering the effects of 

microparticles as a label for signal enhancement. Particularly attractive is the ease of 

operation, rapid processing time, and the potential of further miniaturization of this 

platform. By developing an integrated system, including all necessary components of 

the microfluidic channel, sensing, and control platforms, we were able to conduct 

microparticle-labeled immunoassay on this device. Three different microparticles of 

magnetic, silica, and polystyrene at a fixed size were tested. Magnetic microparticles 

showing an optimal performance were utilized as labeling for human tumor necrosis 

factor (TNF-α) immunoassay, and the Limit of Detection (LOD) was improved by 

order of magnitude compared to the label-free bioassay. By embedding a serum 

separation membrane, this portable platform can be a real sample-in answer-out 

system.  

3.1 Introduction 

 

An impedimetric biosensor is a class of electrochemical biosensors that 

measure electrical impedance change by the presence of biomolecules [118], cells 

[119] or labeled biomaterials [120] on a working electrode by applying a sinusoidal 

voltage. This sensor has shown a promise for point-of-care (POC) diagnostics due to 

low-cost, ease of miniaturization, multiplexing ability, and label-free operation. 

However, the overall sensitivity of these biosensors is a significant drawback to be 

more practical POC platforms. Thus, much effort has been made in conjunction with 

improving sensitivity and developing an integrated miniaturized platform with reduced 

complexity. 
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To improve the sensitivity of the impedimetric biosensors, several parameters 

have been considered. By designing a series of parallel interdigitated electrodes 

(IDEs) instead of using a single working electrode or conventional three-electrode 

setup [121, 122], the sensitivity increased from the improvement of the sensing area, 

signal-to-noise ratio (SNR), low ohmic drop, and electrical field density on the IDEs 

[123]. The typical distance between the electrode fingers to be used in the biosensing 

platform is about 1-10μm [124]. The selection of an appropriate frequency can be an 

important parameter associated with sensitivity [125]. At lower frequencies (< 1 kHz), 

the impedance is dominated by the leakage resistance of the IDEs which is highly 

sensitive to electrode material [126], while for the high frequencies (>100 kHz), 

solution resistance contribute to the net impedance and measurement errors increase 

from parasitic capacitances and inductances. In the mid frequencies (1 kHz ~ 100 

kHz), the measurement signals approximate the electrode surface capacitance allowing 

to detect the affinity binding [127]. Therefore, most impedimetric biosensors adopt a 

frequency between 1 kHz to 100 kHz, commonly around 10 kHz, where the signal is 

relatively stable, and the impedance response is dominated by the interfacial changes 

[121, 127-129].  

A novel strategy to increase the sensitivity is utilizing micro- and nano-

particles as a label for signal amplification [130-132]. Several studies have 

demonstrated the effects of particle size and materials on the sensitivity of 

impedimetric biosensors. From theoretical analysis, micro/nanoparticles can 

effectively block the electric fringing fields, resulting in an increment of impedance 

with respect to the width and gap of the IDEs [133]. For demonstration, a sandwich 

immunoassay is conducted to detect various concentrations of carcinoembryonic 

antigen (CEA) using gold nanoparticles and achieved 1 ng/mL limit of detection 

(LOD) [134]. For the quantitative detection of Galectin-1 (Gal-1) protein, a real-time 

impedance-based immunosensor was developed utilizing nanoprobes to improve 

sensitivity and immobilization efficiency. After conjugating Gal-1 antibodies to 

alumina nanoparticles through silane modification, nanoprobes trapped on the IDEs 

and then antigen detected using electrochemical impedance analysis [129]. Other 
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studies have been done with the silver-enhanced labeling method for improving the 

sensitivity of pathogen detection. These gold nanoparticles (GNP) are used for 

labeling the detector and a redox (reduction-oxidation) probe; usually, silver 

enhancement amplifies the signal from impedimetric electrochemical sensors [120, 

128, 135]. Unlike these faradaic biosensors that require the addition of redox-active 

species, microparticle-labeling in non-faradaic or capacitive biosensors are inherently 

simpler and more amenable for POC testing with the ability to make measurements 

related to the change in interfacial capacitance during affinity binding [124]. Besides 

the strategies mentioned above, ion concentrations of the medium [133], the 

immobilized insulating layer [59], the height of the electrodes, and the aspect ratio of 

the IDEs [60] can affect to the sensitivity of the impedimetric biosensors and should 

be considered for enhancing the signal-to-noise ratio in the impedance-based 

measurements.   

To have a portable setup and improve the utility of these impedimetric 

biosensors for POC testing, a microfluidic system is coupled with the biosensors, 

which reduces the required sample volume to a few microliters and simplifies the fluid 

manipulation [68, 136]. A low-cost and miniaturized bacteria sensor based on 

electrochemical impedance spectroscopy (EIS) is developed by coupling with a 

smartphone and achieved the detection limit to 10 bacterium per mL of pre-

concentrated water [137]. An integrated cell-counting assay system for malaria 

diagnosis is developed consisting of a microfluidic chip and an impedance circuit 

board [138]. This system could screen 500 red blood cells (RBCs) per second and 

differentiate infected RBCs from healthy RBCs by sensing the change in surface 

charge density of the RBCs. Another diagnosis platform is proposed to detect 

transgenic protein Cry1Ab consisted of a printed gold electrode chip and a 

microfluidic flow cell. After coating magnetic beads with Anti-Cry1Ab aptamer, they 

dissolved it in 0.01 M mannitol and injected it to the microfluidic channel. By 

choosing a proper working frequency, a detection limit of 0.015 nM was achieved 

[139]. A portable impedimetric biosensor platform is proposed for POC diagnostics 

with a portable impedimetric reader based on the AD5933 chip for Deep Vein 
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Thrombosis and pulmonary embolism (DVT/PE) diagnosis. By immobilizing of His 

tag D-dimer antibody through NTA/cooper complex attached to polypyrrole layer, D-

dimer in clinical samples measured in 15 min with LOD of 437 ng/mL [140]. 

Although much effort has been done on developing miniaturized impedance biosensor 

for POC devices, an easy-to-use and integrated portable device with sufficient 

sensitivity to conduct real immunoassays is poorly developed.  

In this study, we developed an integrated impedimetric biosensor including all 

necessary components for bioassays within a single platform, which consists of a gold 

IDE array chip for multiplexed assays, a custom-made 8-channel impedance analyzer 

connected to a semi-real time data acquisition software and a PDMS microfluidic 

channel for sample delivery and hydrodynamic washing (see figure 3.1 and 3.2). To 

further improve the sensitivity of the proposed system, we incorporated a 

microparticle labeling method. First, we tested three different types of microparticles 

at a fixed size to figure out the effect of material property and surface charges on the 

readout sensitivity. Then, magnetic microparticles showing an optimal performance 

among these three was utilized as labeling for human tumor necrosis factor-alpha 

(TNF-α) immunoassay. Anti-human TNF-α was covalently bonded onto the IDE 

surface through EDC/s-NHS mediated bioconjugations, followed by introducing 

different concentrations of the target analyte and anti-TNF-α antibodies conjugated 

with magnetic microparticles as a detector. By obtaining differential impedance 

signals from surface coverage of microparticles settling on IDE electrodes, LOD was 

improved from 0.99 ng/mL for label-free detection to the 83 pg/mL for microparticle-

labeling bioassay. 

3.2 Materials and methods 

3.2.1 Preparation of impedance sensing platform 

Impedance based immunosensors utilize the formation of immunocomplex 

(e.g., antibody as a bioreceptor and specific antigen as its corresponding analyte) in a 

thin film configuration on the electrode surface. This complex formation alters the 

interfacial capacitance and resistance at the electrode/electrolyte interface. Electrical 
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impedance is expressed as the ratio of the voltage phasor to the electric current phasor, 

and the discrepancy between these two phasors occurs when electric fields on the 

sensing electrode are disrupted or/and altered by the presence of target biomolecules at 

the electrode interface. 

 

Figure 3.1. A schematic diagram of a microfluidic impedance sensor array for 

microparticle-labeled Immunoassays. (A) Eight interdigitated electrodes (IDEs) 

integrated with custom-made impedance analyzers and a microfluidic channel, (B-C) 

Illustration of IDEs for negative and positive controls, and (D) Formation of the full 

immunocomplex on the IDE. 

 

Here, a custom-made microfluidic impedance measurement system is designed 

as shown in Figure 3.1 consisting of four major parts: 1) a gold (Au) IDE array chip, 

2) an impedance analyzing circuit, 3) a data acquisition (DAQ) board associated with 

a LabVIEW software and 4) a microfluidic channel. The Au IDE array chip having a 

finger width and spacing of 10 µm was fabricated on a glass wafer based on a 

conventional photolithography process and Ti/Au deposition to realize 8 sets of IDEs 

on a square glass chip (30 × 30 mm). Electric impedance in the analyzer circuit is 

measured by a 12-bit impedance converter chip, AD 5933 (Analog Devices Inc.). A 

detailed sketch of the set-up is illustrated in Figure 3.2. Sinusoidal excitation signal 

(VPP = 200 mV) is applied to each pair of IDEs, and the circuit board reads the 

resulting current and calculates from discrete Fourier transform (DFT). Since DFT 
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measures the energy of signal at a frequency, the magnitude and phase of impedance Z 

at the frequency can be obtained by the following equations: 

Z =
𝑣𝑖

𝑖0
= |

𝑉𝑖

𝐼𝑜
| ∠𝜑𝑖 − 𝜑𝑜 = |

𝑉𝑖𝑅𝑓𝑏𝑅𝐴

𝑉𝑜
| ∠ − 𝜑𝑜         (3.1) 

, where vi, io, Vi, Io, φi, φo, Rfb, RA, Vo are sinusoidal input voltage, output current, 

input voltage magnitude, output current magnitude, phase of the input signal, phase of 

the output signal, feedback resistance, internal amplifier gain, output voltage 

magnitude, respectively. The AD5933 stores the real (R) and imaginary (I) values of 

DFT at two 16-bit registers. The two data registers are accessed by the DAQ board 

using the I2C protocol and saved in the customized LabVIEW software after data 

processing. 

 

Figure 3.2.  Actual system setup consists of 1) a gold (Au) IDE array chip, 2) an 

impedance analyzing circuit, 3) a data acquisition (DAQ) board associated with a 

LabVIEW software and 4) a microfluidic channel on top of IDE array to deliver the 

analytes and buffer solutions. 

 

3.2.2 Equivalent circuit of the microparticle-amplified impedance sensor 

 

Since the proposed IDE biosensor is considered as a non-faradic with 

microparticle amplification, to a better understanding of its working principle, an 

equivalent circuit model of a two-electrode system can be investigated. As shown in 

figure 3.3, Cg is the geometric capacitance of the electrodes determined by the 

dimensions of the electrodes (thickness, gap, etc.) and the dielectric of the surrounding 

solution. The two capacitances, Cdl, are the double-layer capacitances of the two 
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electrodes and appears at the interface between a conductive electrode and an adjacent 

buffer solution. At this boundary, two ionic layers with opposing polarities on the 

electrode surface and buffer are formed when a voltage is applied. The two layers of 

ions are separated by a single layer of solvent molecules, adhering to the surface of the 

electrode and acts as a dielectric in a conventional capacitor. Rs is the resistance of the 

buffer solution between the two electrodes that changes based on the buffer solution 

and not affected by the interfacial affinity. Rs is also dependent on the space filled by 

the buffer and therefore depends on the length of the electrodes and the size of the gap 

between them [135].   

 
 

Figure 3.3. Equivalent circuit of the impedance biosensor for microparticle labeled 

immunoassay. The analogous circuit is consisting of capacitance effects of electrodes, 

double-layer capacitance of the electrode and particle surface, and the resistance of the 

solution.   

 

For experimental demonstration, capture antibodies are most likely to 

immobilized in between the electrodes since oxygen plasma treatment generates 

hydroxyl groups on the glass surface. Therefore, by conducting microparticle-

amplified IDE immunoassay, the microparticles are located mostly in between the 

electrodes. In this case, the microparticles affect the impedance between electrodes, 

introducing their resistivity, and double-layer capacitances to the gaps [141]. The part 

highlighted in figure 3.3 as the “microparticle effect” is the equivalent component 

affected by a single particle. For high target concentrations, multiple microparticles 

between the electrodes can stay, and the corresponding equivalent component will be 

repeated in series to change for impedance measurements. 

https://en.wikipedia.org/wiki/Electrode
https://en.wikipedia.org/wiki/Electrolyte
https://en.wikipedia.org/wiki/Dielectric
https://en.wikipedia.org/wiki/Capacitor
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3.2.3 Impedance biosensor verification 

 

To verify the impedance platform, the gain factor and system phase offset was 

first calibrated by measuring a resistor of known impedance with an LCR-Meter 

(VSP/VMP3, Bio-Logic Science Instruments) swiping the frequency in the preferred 

range of 11kHz to 91kHz.  

The resistance of the solution is given by [121]: 

𝑅𝑠𝑜𝑙 =
1

𝑛𝑙
.
1

𝜅
 .
2𝐾(sin

𝜋𝑤𝑠𝑝

2𝐿
)

𝐾(cos
𝜋𝑤𝑠𝑝

2𝐿
)
                               (3.2) 

where n, l, 𝜅, wsp, and L are the number of electrodes, length of fringes, solution 

conductivity, the spacing between two electrodes and center-to-center distance of two 

adjacent electrodes, respectively, and K(m) is the complete elliptic integral of the first 

kind of modulus and define as: 

𝐾(𝑚) = ∫ [(1 − 𝑡2). (1 − 𝑚𝑡2)]−1/2𝑑𝑡
1

0
                                  (3.3) 

Buffer conductivity (𝜅) is measured by a handheld conductivity meter (Oakton CON 

6+, Cole-Parmer, USA), as is plotted in figure 3.4 for different concentrations of the 

buffer. 

 

Figure 3.4 Buffer conductivity for different concentrations measured by 

conductometer 
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These values were used to calculate the solution resistance using equation 3.2 

and tabulated in table 3.1. It should be noticed that although the solution conductivity 

linearly decreases for each fold dilution, the solution resistance is exponentially 

boosted up for the diluted buffers.  

 

Table 3.1. Calculated solution resistance on the IDE by equation (3.2) 

 PBS 10mM PBS 1mM PBS 0.1mM PBS 0.01mM PBS 0.001mM 

R(Solution)/Ohm 3.88e1 3.69e2 2.99e3 2.5e4 1.53e5 

 

 

Figure 3.5. A simulated equivalent circuit using Simulink, MATLAB  

 

Applying these data for the components in the equivalent circuit, we simulated the 

simplified Randles equivalent circuit using Simulink, MATLAB (figure 3.5), to validate 

the overall impedance measurements. The two double-layer capacitance of C(DL1) and 

C(DL2) are considered similar due to the symmetry of the electrodes and fixed to 30nF. 

The values for R(dielectric) and Cg(dielectric) are estimated 20kΩ and 0.6nF, 

respectively. The results of simulation showed a good agreement between the fitted 

curve for different buffer solutions, obtained by the impedance analyzer measurements 

and LCR values (figure 3.6). 
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Figure 3.6. (A) Impedance magnitude and (B) phase change; for buffer solutions with 

different concentrations calculated from the simulation model  

 

The impedance magnitudes for these buffer solutions are also measured with the 

custom-made impedance analyzer, and a similar trend was observed, as shown in 

figure 3.7 (A). It should be noticed that the value from the impedance analyzer is the 

reciprocal of the absolute value measure by the LCR meter. From these measurements, 

the custom-made impedance analyzer is calibrated by equation (3.4) and plotted for 

the desired range of frequency as shown in figure 3.7 (B). 

𝐺(𝑓) =  1
[𝑍𝐿𝐶𝑅 (𝑓) × 𝑍𝑎𝑛𝑎𝑙𝑦𝑧𝑒𝑟(𝑓)]

⁄                  (3.4) 
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Figure 3.7. (A) Different concentrations of the PBS buffer measured by the impedance 

analyzer to select the proper buffer solution. (B) The calibration curve, the calculated 

gain factor for different frequencies  

 

3.2.4 Microfluidic integration  

 

For a simple microfluidic integration, a PDMS-based microfluidic channel was 

fabricated by soft lithography explained in our previous study [26]. The height and 

width of the channel were 110 um and 2.5 mm, respectively, which is enough to cover 

the entire area of IDEs. Sample solutions were applied using a pipette from an inlet of 

the microfluidic channel, and a controlled vacuum pump is placed in the outlet to drive 
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all solutions for immunoassays as well as hydrodynamic washing to remove unbound 

microparticles. 

3.2.5 Characterization of various microparticles 

 

To evaluate the amplification effect of various material microparticles on 

impedance signals, magnetic (Dynabeads M-280, Thermofisher Scientific, USA), 

polystyrene (08-19-303, Micromod, Germany), and silica (43-19-303, Micromod, 

Germany) microparticles covered by streptavidin were selected. At first, to investigate 

the effects of surface charges and material differences from microparticles, these 

microparticles were prepared in a denatured form by boiled on 120℃ for 120 minutes. 

After this basic characterization, immunoassays were performed with 1 ug/mL human 

TNF-alpha target concentration to evaluate the level of signal amplification. From 

these assay tests, the microparticle showing the most significant change in differential 

impedance signals was chosen and used for immunoassays with various human TNF-

alpha concentrations. 

3.2.6 Surface functionalization and human TNF-alpha immunoassay 

 

For demonstrating immunoassay using an impedance sensor, the IDE surface 

was functionalized with a capture antibody (Anti-TNF alpha, Abcam, UK) as a 

receptor to detect TNF-alpha. In this study, carbodiimide induced cross-linking was 

utilized to immobilize the capture antibody on the glass surface of the Au electrode 

spacing. Figure 3.8 depicts the whole process of surface functionalization and immune 

conjugation. The IDE chip was first cleaned by treating with freshly prepared piranha 

solution (90 mL of H2SO4 (97.5 %, v/v): 30 mL of H2O2 (30 %, v/v)) for 30 seconds 

followed by extensive rinsing and dried with de-ionized (DI) water and nitrogen, 

sequentially. The patterned PDMS film (HT 6240 Rogers Corp., USA) with opening 

windows on the IDE arrays, was then placed on the cleaned IDE chip to apply 

biochemistry reaction only on the sensing area. After treating with oxygen plasma, the 

hydroxylated sensor surface was functionalized with 3 % (3-Aminopropyl) 

triethoxysilane (APTES) to obtain an amine-functionalized surface. By using 1-Ethyl-
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3-(3-dimethylaminopropyl) carbodiimide (EDC) and Sulfo N-hydroxysuccinimide 

(Sulfo-NHS) (Thermo Scientific, USA) to adapt the carbodiimide coupling method, 

capture antibodies were activated and coupled with APTES-modified surface.  

 

 

Figure 3.8. Surface functionalization and human TNF-alpha Immunoassay with 

detection antibody conjugated microparticles, (A) Forming of hydroxyl groups by 

oxygen plasma cleaning, (B) 3% APTES incubation for 30 min after placing 

removable masking film, (C) immobilization of activated capture antibody by 

carbodiimide coupling method, (D) Incubation of different concentrations of the 

target, (E) Removing the mask and putting the PDMS fluidic channel, and (F) flowing 

detection antibody conjugated with magnetic microparticle and hydrodynamic 

washing  

 

After incubating the capture antibodies with the cross-linking reagents for 40 

min, the IDE chip was rinsed with DI water. Then human TNF-alpha (ab9642, Abcam, 

UK) as target analyte with seven different concentrations (100 μg/mL to 100 pg/mL, 

ten times diluted in each) was further incubated on the patterned regions for 30 

minutes. Afterward, the PDMS microfluidic device was attached to the glass slide via 

oxygen plasma treatment. Phosphate buffer saline (PBS) with 1% W/V bovine serum 

albumin (BSA) (1% PBSB) solution was first injected through a microchannel and 

incubated for 30 minutes for surface passivation. Then, biotinylated anti-human TNF-

alpha antibodies (R&D Systems, USA) are conjugated with streptavidin-coated 

microparticles and the microparticles were pumped into the microchannel using an 
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external micropump. We measured impedance signal in every single step of forming 

immunocomplex layers and, before each measurement, washing to thoroughly remove 

unbound molecules, and ion residues were carefully conducted with the proper 

selective buffer solution.  

3.3 Results and discussion 

 

3.3.1 PBS buffer ion concentration effects 

 

Before measuring impedance signals, an appropriate buffer solution should be 

selected since the impedance sensor is highly sensitive to buffer conductivity. To 

determine proper buffer for immunoassays, the impedance values for different PBS 

concentrations and deionized (DI) water is measured on the IDEs with an LCR meter 

(VSP/VMP3, Bio-Logic Science Instruments) illustrated in Figure 3.9. DI water and 

above 0.1mM PBS show saturations to the highly non-conductive and conductive 

medium, respectively. Since impedance variations from immunoreactions will not be 

differentiated under the saturated buffer solutions, 0.01mM PBS or 0.001mM PBS can 

be used for immunoassay demonstration. 0.01mM PBS is selected as a buffer solution 

in all impedance measurements due to its higher buffering capacity.   

 
 

Figure 3.9. Different concentrations of phosphate buffer saline (PBS) in deionized 

water was measured on the IDEs using commercial LCR meter. Buffer concentrations 
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of 0.1mM and above show saturations and make it impossible to get impedance 

variations by immobilization of biomolecules. For PBS 0.01mM less saturation effects 

were observed, and considering the buffer capacity, PBS 0.01mM was selected as a 

buffer solution during impedance signal measurement at each step.  

 

3.3.2 Impedance variations depending on microparticles 

 

As explained earlier, the material of the particles, as well as particle surface 

characteristics, have a significant impact on the overall generated impedance signals 

as shown in figure 3.10. To study the effect of material on the impedance signal, three 

different materials of particles at the same size of 2.8um and the same surface coating 

of streptavidin for original particles were chosen. All data are collected for 5% IDE 

surface coverage. An impedance value is composed of two real and imaginary parts 

which represent resistance and reactance (capacitance in this case), respectively. Due 

to the conductivity of magnetic microparticles, they show opposite changes comparing 

with polystyrene and silica. This can be explained by looking to the equivalent circuit 

(Figure 3.3) since the double layer capacitance formed by magnetic particles is more 

dominant compared to the resistance imposed by non-conductive particles. We also 

find that particles’ surface coating has a significant effect on the acquired impedance 

signals, especially for non-conductive particles of silica and polystyrene as shown in 

figure 3.10. Comparing the impedance magnitude changes, representing both values of 

resistance and capacitance, in streptavidin-coated and denatured microparticles reveals 

that for non-conductive materials, capacitance effects are more dominant rather than 

resistance. Additionally, the value of impedance changes is more stable for magnetic 

particles in the studied frequency range of 11kHz to 91kHz.  
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Figure 3.10. Three different microparticle types of Magnetic, Polystyrene and Silica 

were selected for characterization. All particles were at the same size of 2.8μm and 

same surface coating of streptavidin for original particles. For denatured particles they 

have been boiled on hot plate and then used for impedance measurements. All data are 

collected for 5% IDE surface coverage.  

 

The accuracy of the platform was also verified by measuring impedance values 

with the same sizes of magnetic microparticles. After adding various microparticle 

concentrations on the IDE array, both magnitude and phase shift of impedance were 

measured from input frequencies of 11 kHz to 91 kHz. Essentially, the background 

impedance value without any microparticles is tightly related to the conductivity of a 

buffer solution. As the number of microparticles increases, magnitudes of impedance 

decrease due to current blockage. By obtaining a series of differential magnitudes that 

are adjusted by a background signal, we found that these differential magnitudes 

exponentially increase due to the increasing number of microparticles, as shown in 

figure 3.11. The decaying variation pattern of impedance magnitude also confirms the 

effects of magnetic microparticle capacitance resulting in the imaginary term of 

impedance magnitude.    
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Figure 3.11. Impedance magnitude changes for 2.8um magnetic microparticle with 

different surface coverage on the IDEs. Impedance differences show high changes at 

11 kHz and exponentially decrease by frequency due to variations on the imaginary 

term of impedance magnitude stimulated by the presence of magnetic microparticle.   

 

3.3.3 Impedance variations after surface functionalization 

 

Figure 3.12. shows differential impedance variations after surface 

functionalization. APTES is the first layer on top of the bare electrode and captures 

antibody immobilization is the second layer. Although the single-layer thickness of 

APTES is assumed to be less than 10 nm [142], their coverage as the first capacitance 

layer results in significant impedance increments, which is well agreed with literature 

demonstrating the importance of first layer and its capacitance should be minimized as 

much as possible to improve the sensitivity during immunoassay [59]. After adding 

one more layer with the capture antibody, the differential impedance values show 

larger differences compared with bare electrode signals. Since the frequency range 

provided by AD5933 is narrow compared with commercialized impedance analyzers 

covering over MHz, there is no distinct feature between each frequency, which allows 

our impedance device for single frequency measurement. Thus, 11 kHz, which mostly 

dominated by electrical-double layer capacitance compared with other frequencies 

[128], is selected and analyzed for further experiments including immunoassay. To 
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eliminate the differences in initial impedance observed at different electrodes which 

arise primarily from imperfection microfabrication procedure, we normalized the 

impedance response during the measurements (ΔZ) with the initial impedance 

observed after introducing the buffer solution to each pair of IDEs (Z0) and this is 

referred to as the impedance variation (ΔZ/Z0).  

 
Figure 3.12. Differential impedance changes during surface functionalization. Percent 

variation of the impedance signals increase with each of APTES and capture 

antibodies on IDE sensors. These variations slight decrease with increase of the 

frequency from 11-91kHz.   

 

3.3.4 Hydrodynamic washing force 

 

As discussed in our previous study [26], to ensure that a microparticle-labeled 

immunoassay is highly sensitive, the surface of the substrate should be washed with a 

hydrodynamic force sufficient to remove unspecific microparticles. After introducing 

the detection antibodies conjugated with microparticles, the washing step was 

conducted in the microfluidic channel with a fixed width of 2.5mm to cover all over 

the IDE sensing area and the height of 110um. Here, we kept the buffer volumetric 

flow rate constant at 20 ul/min by generating a negative pressure in the microchannel 

outlet using a small mini pump (12/02EB, Thomas). This volumetric flow rate 

corresponds to an average velocity of 1.3 mm/s in the channel, which generates a total 
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force of 40 pN on the microparticles. The total forces are less than the adhesion 

strength in the immunocomplex; however, they are sufficient to dislodge nonspecific 

bindings from the surface [26, 91]. 

3.3.5 Human TNF-alpha immunoassay 

 

Human TNF-alpha immunoassay was conducted on the proposed impedance-

based biosensor. TNF-alpha has important proinflammatory properties, which play 

crucial roles in the innate and adaptive immunity, cell proliferation, and apoptotic 

processes. Increased concentrations of TNF-alpha are found in acute and chronic 

inflammatory conditions (e.g., trauma, sepsis, infection, rheumatoid arthritis), in 

which a shift toward a proatherogenic lipid profile and impaired glucose tolerance 

occurs [143]. 

In the first experiment, only human TNF-alpha was incubated with seven 

different concentrations (100 μg/mL to 100 pg/mL) for label-free detection. To 

investigate the effects of particles in the next experiment, the anti-TNF-alpha antibody 

was labeled by magnetic microparticles to conduct a sandwich immunoassay. Figure 

3.13 shows the distribution of the microparticles associated with the different 

concentrations of TNF-alpha. It is observed that surface coverage by the 

microparticles is proportional to the target concentration.  

 

Figure 3.13. Surface coverage of magnetic microparticle onto the IDE from various 

target concentrations. 
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Figure 3.14 shows the differential impedance variation regarding the different 

immunoassay conditions in addition to the percentage of surface coverage by the 

magnetic microparticles. The lowest concentration of the analyte that can be reliably 

detected is reported as [144, 145]: 

 

LOD = [meanblank+1.645 × (SDblank)] + 1.645 × (SDlow concentration sample)]           (3.5) 

 

Without the labels, the sensitivity is restricted up to 0.9 ng/mL, and overall 

impedance signal variations are smaller compared with immunoassay using 

microparticles. It can be demonstrated that, although TNF-alpha itself successfully 

binds to the capture antibody and they contribute to making one more capacitance 

layer, their molecular weight (17.4 kDa) is inherently smaller than antibody (150 

kDa), so we can expect the generation of a very thin layer. However, in the case of 

using microparticle as labeling, their huge diameter size of 2.8 µm has significant 

effects. These particles not only affect the capacitance when they are placed onto the 

Au electrode line but also increase the resistance of the solution by blocking electric 

field fringe when they are placed onto the glass spacing line. This blocking effect of 

the microparticle-label is mostly dependent on the size of microparticles [121], as can 

be predicted from the equivalent circuit (Figure 3.3). Using the recommended equation 

of (3.5), the LOD calculated to be 83.46 pg/mL for microparticle-labeled 

immunoassay. 
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Figure 3.14. Impedance variations were comparing capture Ab and various target 

concentrations (TNF-alpha) at 11 kHz. By coupling impedance sensor with 

microparticle-labeled immunoassay format, an order of magnitude improved 

sensitivity was achieved. 

 

3.4 Conclusion and perspective 

 

By developing various biosensors for detecting biomolecules, enhancing the 

sensitivity of these platforms has drawn lots of attention. In this study, we developed 

an impedimetric biosensor to conduct microparticle-labeled immunoassay for signal 

amplification. The system consists of an impedance analyzer, a data acquisition board, 

and an IDE array integrated with a microfluidic channel to deliver the solution. First, 

the ability of the impedance analyzer was verified by simulation in MATLAB 

Simulink and an LCR meter. After examining the capability of the platform to detect a 

single layer of biomolecule and microparticle detection, a real assay was conducted to 

quantify the human TNF-α. We also tested three different types of microparticle to 

label the detector with that of generates the highest and stable signal. Using the 

magnetic microparticles, the LOD was improved from 0.9 ng/mL for label-free into 

83.46 pg/mL for microparticle-labeled sandwich immunoassay on this platform.  



Texas Tech University, Ali KhodayariBavil, August 2020 

81 

Among various digitized biosensors, impedimetric biosensors have shown 

promising for POC due to its ease of integration, miniaturization, fast response, cost-

effective assay, and conveniently communication with smartphones. The platform 

presented in this study can be integrated with capillary-driven microfluidics to 

autonomous and sequentially delivery of analytes. This microfluidics should be 

carefully designed to control the flow rates in a specific range to have a controlled 

hydraulic washing force for microparticle-labeled immunoassay. By incorporating a 

blood separation membrane on the microfluidic chip and including a communicating 

chip to interact with a smartphone or a laptop, this device would be an ideal 

standalone POC device with an ability for multiplex diagnostics. 
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CHAPTER IV:  

 

INTGERATED IMPEDIMETRIC IMMUNOSENSOR WITH 

CAPILLARY-DRIVEN MICROFLUIDIC  

 

We are developing an integrated microfluidic impedance-based biosensor that 

contains all necessary components to conduct a signal-amplified sandwich 

immunoassay using the microparticle labeling method. A controlled capillary-driven 

force is utilized for fluidic manipulation, and magnetic microparticles are adapted to 

enhance the impedance signals for Limit of Detection (LOD) improvement. To 

conduct the assay, a small volume of the sample in the range of μL is introduced to the 

microfluidic chip that sequentially delivers all necessary liquids into the sensing area. 

This disposable cartridge is inserted into a hand-held impedimetric biosensor to read 

out the signals. For a real immunoassay, we quantified human cardiac troponin I by  

sequentially delivering of the reagents in less than 10 minutes on this integrated 

platform with a minimum user intervention. This capillary microfluidics unit enables 

us to realize a sample-in-answer-out immunoassay platform for rapid molecular 

diagnostics. 

 

4.1  Introduction 

 

Capillary-driven microfluidics utilizes surface tension, to drive the liquids in 

the channel and can be controlled by adjusting the channel geometries [1]. This 

passive flow handling method is independent of any external peripheral equipment and 

therefore demonstrates evolving capabilities for miniaturized point-of-care (POC) 

platforms. Real capillary-driven microfluidics is described as autonomous fluidic 

circuits and usually combined by different capillary elements such as capillary-pump, 

capillary-stop-valve, and trigger-valves.  

Capillary microfluidics has been utilized in different platforms to conduct 

different types of immunoassay. In one of the early studies, the possibility of on-chip 
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immunoassay was investigated using capillary-filling phenomena [81, 146, 147]. To 

have an autonomous fluidic pathway, a capillary retention valve was introduced to 

sequential delivery and enabling multiple cycles [146]. A one-step capillary-driven 

microfluidic was developed that enabled flow rate regulation to vary the incubation 

time in the reaction chamber by controlling channel geometry and thus hydraulic 

resistance. This compact device demonstrated quantified immunoassay for C-reactive 

protein (CRP) with a minimum detectible fluorescent signal for 10 pg mL-1 of CRP 

[81]. Although these platforms provided a paved route toward an autonomous 

microfluidic chip to run sensitive immunoassay, low sensitivity, the need for a bulky 

downstream sensor to readout the output signals, and further integration have been 

hindered their development into a commercially viable product.  

Capillary-valves are designed to stop the liquid in the microchannel based on 

the surface characteristics with sudden geometrical changes [148]. A sudden 

enlargement in the cross-section of microchannels decreases the driving force imposed 

by the capillary effect and stops the liquid when a liquid forehead reaches to the point. 

Stop-valves are an easy-to-fabricate and reliable passive element in capillary-driven 

microfluidics; however, active duration, surface contact angles, and geometries should 

carefully be investigated to prevent corner flow, bubble trapping and stopping 

functionality [148-150]. Two-level stop valves have been developed to improve the 

reliability of stop valves with hydrophilic silicon microchannels covered by 

hydrophobic PDMS. The burst pressure of this stop valve was numerically, and 

experimentally studied considering the microchannel dimensions and liquid contact 

angle [151]. Stop valves can readily be modified into capillary trigger valves in the 

intersection of two perpendicular channels. In this configuration, liquid from a channel 

is stopped at the intersection until the other liquid reaches that point from the 

orthogonal channel. Once the intersection is wetted by the liquid in the straight 

channels, the capillary force drives the flow into the channel, and two fluids mix in the 

common downstream channel [97, 152]. To enhance the functionality of the stop-

valve and reduce fabrication restrains, a two-layer trigger valve is introduced for 

higher reliability and robustness that is tested to stop the fluid up to 30 minutes [153]. 
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Although these advancements in the design of autonomous capillary-driven 

microfluidics is a golden achievement, further investigation is needed for better 

control on the influenced parameters. Also, very few studies have been implemented 

these flow control elements in a real immunoassay with a reliable application for POC.  

Any biosensors aiming to detect biomolecules should include signal 

interpretation element to recognize the interfacial event in the reaction chamber. This 

element is integrated with the microfluidic biochip in POC devices and should be 

miniaturized in a real portable and practical device. Impedimetric biosensor is an ideal 

candidate owing to high sensitivity, improved signal to noise ratio, convenient 

integration, providing digitalized signals, and facilitating the communication. 

Interdigitated electrodes (IDE), as a well-established bioelectrical sensor fall within 

the category of microelectrodes, have been utilized widely in POC platform due to its 

unique advantages of real-time recognition, low ohmic drop, and fast establishment of 

steady-state [154]. IDEs are consisting of electrode fingers series, usually ranging in 

micrometer, that detects the interfacial bioreaction by applying sinusoidal current.  

Here, we are developing capillary-driven microfluidics for microparticle-

labeled immunoassay that is integrated with a small impedance analyzer. For the first 

time, we introduce a vertical capillary-stop valve (CSV) that connects two stages of 

microfluidics. This CSV allows the reagent to be infused into the first stage when it 

reaches to the point after being prepared in the upper microfluidic stage. The concept 

of two-stage microfluidic not only allows us to design miniaturized microfluidic but 

also grants the addition of convenient pre-treatment steps. By characterizing the 

fluidic parameters, the overall assay time was completed in less than 6 minutes. This 

platform is designed for a microparticle-labeled sandwich immunoassay. As a final 

step, a serum separation membrane can be integrated on the upper stage of this POC 

device to be run a real immunoassay by a single drop of a whole blood sample. 
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4.2  Materials and methods 

4.2.1 Microfluidic design 

 

We have designed a two-stage capillary-driven microfluidic to conduct a 

precisely controlled sandwich immunoassay, as shown in figure 4.1. Both stages are 

designed in AutoCAD, and the corresponding mask was obtained from CAD/Art 

Services. Width of the channel in buffer storage and wasting sections are adopted at 

500 μm, but 200 μm from branching to the sensing area. The desired pattern was 

developed on the silicon wafer as a master mold following the conventional 

photolithography process. The height of the channel for both stages is fixed at 100μm. 

The PDMS was mixed with curing reagent at a 10:1 w/w ratio and cured overnight in 

a convection oven. After curing, the PDMS was peeled off of the master mold and 

punched with biopsy punches. The buffer inlet, bridging hole, and outlet were punched 

on the first stage with a diameter of 2.5 mm, 1 mm, and 0.5 mm punches, respectively. 

A mid-layer is cut from a PDMS film (HT6240, Rogers Corporation, USA), and a 

250-μm hole was created on it, which acts as a capillary-stop valve between two 

PDMS stages. The top layer that is designed to deliver the target analytes into the 

sensors has two holes of target-inlet and degassing (vent) with sizes of 1.5 mm and 0.5 

mm.      

 
Figure 4.1. Schematic view of the two-layer microfluidic with capillary valve 
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4.2.2 Human cardiac troponin immunoassay 

 

Troponin is a class of proteins with three subunits of I, C and T that are bind to 

actin, calcium ions, and tropomyosin, respectively. This protein is a distinct cardiac 

biomarker that increase drastically increase in the blood serum by myocardial 

infraction onset. It is of high importance to detect the possible heart injury by a rapid 

quantifying the troponin level in the serum. This assay should be done in a few hours 

after occurrence of chest pain to prescript the proper treatment in case of having 

increased concentration. Therefore, a rapid and easy to use POC platform to quantify 

hcTnI would be an obligating device for patients with risk of cardiac injury. 

First a PDMS film ((HT6240, Rogers Corporation, USA) were cut to make 

opening windows on the IDEs. After exposing the surface into oxygen plasma to 

generate hydroxyl groups, 3% (3-aminopropyl) triethoxysilane (APTES) in deionized 

(DI) water were incubated for 30 minutes to form amino functionalized sites on the 

sensing area. Then the chip was extensively washed with DIW to remove any 

unbonded molecules and dried with nitrogen gas. BupH™ MES Buffered Saline 

(Thermo Scientific Inc. USA) were used to make 0.1M MES, 0.9% sodium chloride, 

pH 4.7. Monoclonal Anti-Cardiac Troponin I antibody [4C2] (ab10231, Abcam Inc. 

USA) was diluted to 1 mg/mL with PBS 10mM and used as capture antibody. To 

activate the capture antibodies, 8 mg/mL 1-ethyl-3-(3-dimethylaminopropyl) 

carbodiimide hydrochloride and 22 mg/mL Sulfo-NHS (N-hydroxysulfosuccinimide) 

(both Thermo Scientific Inc. USA) prepared in MES buffer and added into the cAb. 

After incubation for 15 minutes, the activated antibodies were added on each sensor 

openings and incubated for 30 minutes to be immobilized via the carbodiimide 

coupling method. Dynabeads Antibody Coupling Kit (ThermoFisher Scientific, USA) 

was used to conjugate monoclonal Anti-Cardiac Troponin I antibody [19C7] 

(ab92408, Abcam Inc. USA) to the 2.8 μm microparticles as detector. Lyophilized 

powder of Troponin I from human heart (Sigma-Aldrich, USA) was reconstituted in 

PBS 10 mM to make the desired concentrations of standards for the target analyte.  
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4.2.3 Working principle 

The buffer solution, 1% bovine serum albumin in PBS 10mM (PBSB 1%), is 

first added to the buffer inlet while the outlet vent is covered (see figure 4.2). The 

capillarity drives the buffer toward the outlet passing from the sensing area. Since the 

channel is closed-end (in case of covering the outlet-vent), a total volume of 0.2 μL 

proceeds the sensing area in each branch and stops in 5 mm after the bridging hole. 

Once the buffer reaches the bridging hole, it starts rising the hole until thwarts by the 

CSV in the middle of two stages. Now the device is ready to be run by introducing the 

samples from the sample-in hole on the upper fluidic stage. The samples first hit the 

antibody-conjugated microparticles in the middle of the channel and forms 

immunocomplexes ready to be captured by the cAb on the sensing spots. By 

contacting this solution to the bridging hole, it mixes with the buffer from the lower 

stage and flows into the sensing area. At this time, by removing the cover from outlet 

vent, all analytes start to flow toward the outlet by passing over the sensing area and 

generating the immune-complexes on top of IDEs.  

 
 

Figure 4.2. Working principle of the capillary-valve in the two-stage microfluidics 
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4.2.4 Design of the integrated handheld device 

 

We designed an integrated handheld device, including all necessary 

components, to conduct a microparticle-labeled sandwich immunoassay with an 

impedimetric biosensor. The microfluidic chip on top of the IDE chip is placed on a 

slider that can be inserted into the box. Electric impedance in the analyzer circuit by a 

12-bit impedance converter chip, AD 5933 (Analog Devices Inc.), was designed to be 

contacted with the electrode pads on the microchip cartridge with its spring pins. The 

device is connected to a laptop using a USB port from a data acquisition (DAQ) board, 

as shown in figure 4.3.   

 

Figure 4.3. Design of the integrated handheld device  

 

4.3 Results and discussion 

4.3.1 Flow control in capillary 

 

Controlling the flow rate in a capillary-driven microfluidic is a crucial 

parameter that should be carefully considered for designing the channels since, for a 

specific material, the flow rate is solely dependent on the channel geometry. By 
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simplifying the Navier-Stoks equation for laminar and steady-state flow without any 

other body forces (e.g., gravitational force), the volumetric flow rate can be estimated 

by: 

𝑄 =  
ℎ3𝑤∆𝑃

12𝜇𝐿(𝑡)
 [1 − 0.630

ℎ

𝑤
]                           (4.1) 

, where h, w, μ, and L(t) are the channel height, width, liquid viscosity, and the time-

dependent liquid length in the channel, respectively [97]. As explained in chapter 2, by 

substituting the Young-Laplace equation for ∆𝑃, flow rate for capillary-driven system 

can be calculated. 

For a CSV, the pressure barrier is also dependent on geometrical parameters as 

well as the liquid contact angle [155, 156]. 

∆𝑃 = 
2𝛾

ℎ
[

cos𝜃− 
𝛼 sin𝛽

sin𝛼

cos𝛽+ 
sin𝛽

sin𝛼
(

𝛼

sin𝛼
− cos𝛼)

]                                (4.2) 

where 𝛾 and h are the interfacial tension and channel height, respectively, and 𝛼, 𝛽, 𝜃 

are depicted in figure 4.4. 

 

Figure 4.4. Typical layout of one-level CSV 

 

It is reported that water contact angle one hour after a 1-minute oxygen plasma 

reaches to about 45 °, which we used as 𝜃 to calculate the burst pressure in our CSV. 

Assuming 𝛾 = 20 𝑚𝑁/𝑚 and h = 250 μm (the size of the capillary valve), the burst 

pressure of each CSV would be 55 Pa equal to 5.5 mmH2O. The volume capacity of 

the fluidic channels for h = 110 μm is 55 mm3 (=μL), consisting of 13 mm3 from inlet 

to the branching point and 10.5 mm3 for each branch. Once the buffer reaches to the 

bridging hole, 35 μL is the total in need volume to complete the assay. Having the 
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buffer inlet size of 3 mm and considering 2 mm for the PDMS layer thickness, the 

hydraulic head generated by this 35 μL buffer volume would be less than the burst 

pressure of the CSV. This guarantees the performance of the designed CSV for our 

fluidic network. 

 

Figure 4.5. Buffer raise up time in the bridging hole for different bridging hole 

diameters 

 

To estimate the overall assay time, the filling time for different sections were 

investigated. It takes about 3 minutes for the buffer to completely fill the priming 

section and reach to the sensing area. We investigated the effect of bridging hole 

diameter on the raising time of the buffer in the bridging hole to the CSV, as plotted in 

figure 4.5. We found that bellow 1 mm diameter does not change the raise-up time 

significantly, and therefor 1 mm diameter was selected for the bridging hole. For this 

one-millimeter hole size, it takes 2 minutes for the capillary-driven filling buffer. After 

introducing the target analytes (1 minute), considering a 1-minute waiting time for the 

analyte’s diffusion, and removing the cover tape from the outlet, it takes about a 

minute to fill the waste-bin and finish the assay. This means the overall assay takes 

less than ten minutes on this platform.   
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4.3.2 Immunoassay results  

To run the real immunoassay, first, we confirmed the selection on 

immunocomplex on the bare glass slide. Following the steps described in 4.2.2, four 

concentrations of 1 μg/L, 100 ng/mL, and 1 ng/mL were tested. The proportional 

microparticle population to the target concentration was observed, confirming the 

validity of the selected immunocomplex, as shown in figure 4.6. 

          1 μg/mL       100 ng/mL       10 ng/mL            Neg 
 

Figure 4.6. Selected immunocomplex confirmation on the glass substrate   

 

After this confirmation step, the immunoassay was conducted on the IDE chip 

using the capillary-driven fluidic rout, and the final signals were collected from the 

integrated handheld device. Figure 4.7. demonstrates the impedance variations for 

label-free and microparticle labeled immunoassay.    

 

Figure 4.7. Impedance variation signal for cTnI on the integrated capillary-driven 

microfluidic handheld platform  
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4.4 Conclusion and perspective 

 

We designed and tested a capillary-driven microfluidic for autonomous and 

sequentially delivery of reagents necessary to conduct a microparticle-labeled 

immunoassay. This microfluidic is designed in two stages for further miniaturization 

and the addition of sample preparation. For the first time, we designed and 

characterized a vertical capillary stop valve (CSV) to connect two stages of 

microfluidics. By characterizing the flow in the channels, the whole immunoassay on 

this disposable biochip takes less than ten minutes. This chip is designed to be inserted 

into a handheld compacted case that includes all necessary components for 

impedance-based biomolecule measurement. Utilizing this platform, a real 

immunoassay on hcTnI was conducted and the whole assay was done in less than ten 

minutes.  

As an essential step to conduct a one-step immunoassay is to isolate the human 

serum from the whole blood sample. In microfluidic-based POC, this is conducted 

employing a serum separation membrane. Our two-layer microfluidic chip allows us 

to easily implement a blood serum separation membrane into the disposable cartridge. 

For a long-term use of this platform and maintain the surface wetting property, flow 

rate in the microfluidic chip can be controlled control through two main modifications. 

First, different polymeric materials such as polycarbonate (PC), poly-methyl-meta-

acrylate (PMMA), cyclic olefin copolymer (COC), and polyimide can be utilized to 

overcome the inherent drawbacks of PDMS [117]. Secondly, surface modification 

techniques of layer-by-layer (LBL) deposition [115], deposition of polyvinyl alcohol 

following plasma treatment [116], or poly(ethylene glycol) coating products can be 

performed for PDMS surface. Also, by adding an absorbent pad in the waste-bin or in 

the upper microfluidic stage, we can easily control the flow rate, and a consequently 

wider range of velocity would be obtained. 
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CHAPTER V: 

 

CONCLUSION, FUTURE WORK, AND PERSPECTIVE 

 

The biomolecule diagnostic is a crucial demand in healthcare to take the best 

treatment. The critical factors for an applicable diagnostic are high sensitivity, 

repeatability, and conducting a rapid test. Although the role of diagnostics is crucial, 

for field applications, there is an urgent need for point-of-care (POC) diagnostics. POC 

devices allow prompt, lifesaving diagnostic, and it is no surprise that the market for 

them has rapidly expanded in recent years. Although many investigations have been 

conducted toward the creation of affordable, easy-to-use, rapid tests on a POC device, 

many of the devices currently available in the market are lacking accurate and reliable 

results. 

Additionally, currently available POC devices in the market only offer 

qualitative analysis, while quantitative analysis may help to provide a more accurate 

diagnosis. The evolution of POC technology depends on advances in microfluidics to 

equip POC devices with the most cutting-edge biosensor platforms. Microfluidic 

systems enable rapid diagnosis, screening, and monitoring of diseases and health 

conditions using small amounts of biological samples and reagents. Research on 

microfluidic devices for biological analysis has progressed sufficiently to be developed 

into fast-responses, simple to use, portable, and reliably operating devices with the 

ability to detect medically relevant biological molecules. To control flow precisely, 

among various passive control systems, capillary flow-driven systems are the most 

attractive approach due to cost-effective fabrication and simple fluidic operations. This 

has become the primary motivation to conduct this research on developing a capillary-

driven microfluidic biosensing platform for digital biomolecule detection. 

To conduct the assays without the need for complex fluorescent detectors with 

an equally sensitive to standard fluorescent techniques, microparticle-labeled assays 

have been developed. In this assay format, dAb-coated microparticles are introduced 

into the microfluidic channel to bind to the pre-captured target biomolecules. The 
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surface coverage by the microparticles is measured to quantify the target molecules. 

One of the key challenges is to minimize non-specifically bound microparticles to 

achieve highly sensitive immunoassay. By controlling hydrodynamic forces imposed 

by the flow velocity, non-specifically bound microparticles are removed from the 

detection area to increase the signal to noise ratio. 

Two passive microfluidic devices, which are serial capillary-driven 

microfluidics (SCM) and parallel capillary-driven microfluidics (PCM) are designed 

for direct and sandwich immunoassays, respectively. The microfluidic channel was 

created using conventional soft lithography. Previous studies found that hydrodynamic 

forces between 0.1 and 10 pN can rupture non-specific bonds and that those between 6 

and 250 pN preserve specific bonds. Exploiting the controlled hydrodynamic forces 

imposed by the flow velocity, non-specifically bound microparticles were removed 

from the detection area to increase the signal to noise ratio. Different channel aspect 

ratios produce different flow velocities and exert different amounts of drag force on 

the microparticles. Both theoretical and experimental studies were performed on the 

SCM to characterize its capillary-driven flow. The average velocity in the assay 

section was investigated with respect to various channel heights as well. To achieve a 

proper range of hydrodynamic force, the appropriate channel geometry selected for 

each assay. For surface preparation, the glass slide was cleaned and then was 

selectively bio-functionalized with the antibody using carbodiimide-induced cross-

linking. 

Two immunoassays are conducted on two platforms of SCM and PCM to 

quantify mouse IgG and cTnI, respectively. To determine the binding kinetics, the 

surface coverage was monitored during the assay and plotted versus time to estimate 

the affinity for various target concentrations. To evaluate the sensitivity, the portion of 

a given surface covered with microparticles was calculated for each concentration of 

mouse IgG and cTnI. When used to perform the assays, our device obtained a limit of 

detection as low as 5 ng mL-1 (equal to 30 pM) for mouse IgG and 0.1 ng mL-1 (equal 

to 4.2 pM) for cTnI.  Despite the favorable LOD of this device, which is in the 

clinically relevant range, a slightly lower curve slope is observed than with traditional 
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ELISA immunoassays. This can be explained by two factors: spontaneous dilution 

phenomena and the low incubation time for the target required by this device. 

In the next step, we used an electrical-based biosensor to get the digitalized 

readout signal instead of manually quantifying the surface coverage. Impedimetric 

biosensors that have shown a promise for point-of-care diagnostics (POC) due to low 

cost, ease of miniaturization, multiplexing ability, and label-free operation was used to 

conduct sandwich immunoassay with a microfluidic chip. To enhance the sensitivity 

of impedimetric biosensors, we adopt a stable and appropriate frequency range, 

investigated the buffer solution effects, and utilized the microparticle labeling method. 

The microfluidic impedance measurement platform was designed to include a gold 

(Au) IDE array chip, an impedance analyzing circuit, and a data acquisition (DAQ) 

board connected to LabVIEW software. Three different types of microparticles were 

tested for labeling, and the particle showing an optimal performance was utilized as a 

label for human tumor necrosis factor-alpha (TNF-α) immunoassay. Electric 

impedance in the analyzer circuit was measured by a 12-bit impedance converter chip. 

Sinusoidal excitation signal (200 mV) was applied to one pair of IDEs, and the circuit 

board reads the resulting current. 

To complete the sandwich immunocomplex for successful biomarker 

screening, the IDE was functionalized with a capture antibody by employing of 

carbodiimide coupling method. The Anti-human TNF-alpha antibody was activated 

through 1-Ethyl-3-(3-dimethylaminopropyl) carbodiimide (EDC) and sulfo N-

hydroxysuccinimide (s-NHS) and then immobilized on the pre-aminosilane patterned 

surface. After incubating the capture antibody, active human TNF-alpha with different 

concentrations was incubated on the pattered regions. Then, the anti-human TNF-

alpha antibody coated on microparticles was infused through the microfluidic channel 

under the controlled volumetric flow rate. Without the bead, the sensitivity is 

restricted up to 10 ng/mL, and overall impedance signal variations are smaller 

compared with immunoassay using microparticles. It can be demonstrated that in the 

case of using microparticle as labeling, the huge size of 2.8 μm of particles not only 
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affects capacitance but also increase the resistance of solution by blocking electric 

field fringe. This causes a 1-fold improvement of LOD down to 96 pg/mL.  

By coupling the necessary components from the second and third chapters, we 

were able to develop an integrated capillary-driven impedimetric biosensor for 

microparticle-labeled immunoassay. A specific design was developed for the 

capillary-driven microfluidic chip to conduct a sandwich immunoassay and control 

flow profile, as discussed before. For the first time, we employed two-stage 

microfluidics connecting with a capillary stop valve. This technique allows us not only 

to have a miniaturized chip but also easily integrate the sample preparation steps onto 

the microfluidic chip. To minimize non-specifically bound microparticles, the 

controlled hydrodynamic forces imposed by the flow velocity was exploited, similar to 

the previously discussed technique. All the necessary components were fitted in the 

handheld container. For a real immunoassay, we quantified human cardiac troponin I 

(hcTnI) in less than 6 minutes. To demonstrate ability for point-of-care diagnostics, 

the human blood should be used as an input sample. So, by embedding a plasma 

separation membrane on target-inlet in the upper stage, a real sample-in-answer-out 

platform would be achieved.  

In this study, we used microparticle labeling as a strategy to enhance the 

sensitivity of the devices. Although it is an appropriate way to amplify the 

immunoassay signal, in some cases having the proper detector and labeling with 

microparticles is challenging. To address these limitations, optical-based biosensors 

that use the characteristics of light to measure concentrations of biomarkers have been 

suggested these days. By implementing our knowledge and findings, we developed an 

optical cavity-based biosensor using a differential detection method integrated with a 

microfluidic device, which potentially revolutionizes Point-of-Care Testing (POCT) 

field (See appendix A1). 

The work has been done in this study presents precious findings on the 

development of real stand-alone POC testing platforms addressing some of the 

available limitations in its current status. However, there are still ways to go to achieve 

a reliable commercialized personalized healthcare. One of the critical challenges that 



Texas Tech University, Ali KhodayariBavil, August 2020 

97 

need to be integrated is a high throughput serum separation membrane that can easily 

be integrated into our device, as explained earlier. Many of the commercially available 

serum separating membranes encompasses small pores in the range of 0.4–0.8 μm. 

This can cause different problems (i.e., erythrocyte clogging, high filtration pressure 

requirement, and slow flow rate) for implementation in the real POC device. 

Considering the barriers incorporated with the integration of the proper separating 

membrane, characterizing the membrane and its efficiency is needed to achieve a high 

assay sensitivity on the device. 

Public health and disease rates can significantly be controlled in the developing 

world by access to diagnostic tests. Lack of reliable testing platforms demands the 

development of POC testing for a limited-resource setting or a weak infrastructure-

based healthcare set-up. To address this factor, proper packaging should be considered 

for the biochips to increase their shelf life and application by longer storage duration. 

The next step can be a surface modification for the fluidic channel along with utilizing 

proper packaging techniques.  

Finally, by the advancement of wirelessly connecting platforms, the next step 

for  POC devices can be their integration with a proper communicating device. With 

the availability of smartphones and boosting the network coverage even in the remote 

areas, incorporating the diagnostic platform with such communication chips would 

make POC more exquisite. Due to utilizing an electrical-based biosensor that 

generates digitalized signals, our proposed device can be connected to the smartphone. 

By doing so, the test results can be processed on the smartphone and be sent to the 

specified practitioners for getting proper treatment. 
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APPENDIX A 

 

AN OPTICAL CAVITY BIOSENSOR INTEGRATED WITH 

MICROFLUIDICS FOR LABEL-FREE IMMUNOASSAYS 

(Contents of this section are modified from our presentation in the ASME 

International Mechanical Engineering Congress & Exposition IMECE 2019) 

 

Project objectives: This project aims to develop a cost-effective, easy-to-use, and 

portable platform for biomolecules detection using an optical cavity structure with 

enhanced sensitivity. For the fluidic manipulation, a microfluidic system should be 

integrated that could efficiently deliver the required solution into the sensing area with 

minimum human intervention. 

 

Background: Label-free detection of biomolecules enables us to conduct a real-time 

assay with high sensitivity without the need to label/tag the analytes or using the 

detectors. The current label-free optical methods like surface plasmon resonance 

(SPR) require expensive instruments as well as skilled technicians to run in the clinical 

environment. Here, we present an optical cavity-based biosensor using a differential 

detection method integrated with a simple microfluidic device that potentially 

revolutionizes Point-of-Care Testing (POCT) field. 

 

Experimental Setup: The overall structure is designed and 3D-printed to encompass 

the necessary components, as shown in figure A1. The emission of two low-cost laser 

diodes with different wavelengths is directed into the sensing chip. An inexpensive 

CMOS camera with a pixel resolution of 3.63μm is used for the measurement of 

alternate intensities. The collected data is analyzed using Igor Pro to calculate the laser 

intensities and differential values. The optical setup consists of two laser beams with 

two different wavelengths of L1=850nm and L2=904nm that are collimated and 

combined at the beam splitter (BS). Then, both wavelengths of light propagate through 
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a rotating filter, which intermittently blocks one of the laser sources. The spectrum of 

transmitted lights exhibits a resonance response. By introducing various biomolecules, 

the local refractive index will be changed if they are captured by the specific pre-

immobilized receptors on the track of the passing beams. These changes in the 

refractive index result in a shift of the resonance response and allow us to detect not 

only the presence of target biomolecules in the injected sample but also the 

concentration of the targets. Instead of measuring a peak shift using a spectrometer or 

tunable lasers, the proposed system measures the intensity changes of low-cost laser 

diodes using a CMOS camera. 

 

Figure A1. Optical cavity structure and working principle 

 

Optical Cavity Chip Fabrication: Sensing chip is the microfluidic channel on the 

partially reflective mirrors. This chip is fabricated on two 4-inch glass substrates, as 

shown in figure A2. First, the inlets and outlet drilled on the glass wafer and a thin 

silver layer were coated on both top and bottom glass substrates to get two partially 

reflecting mirrors. Then SU8-2010 was spin-coated on the surface to develop the 

fluidic pattern using a conventional soft lithography process, and finally, two 

substrates were bonded together using a UV-sensitive adhesive layer. Our next attempt 
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is to design the fluidic rout in a way that minimizes human intervention using 

capillary-driven forces to spontaneously deliver the buffer solutions and target 

biomolecules.  

 

Figure A2: Optical cavity chip fabrication procedure 

 

Surface functionalization: Figure A3 shows the surface preparation and the 

measurement step during the assay on the optical cavity sensor.  

 

Figure A3: schematic demonstration of the surface preparation and measurement steps 

on the optical cavity 

 

Fluidic control: The fluidic chip was designed to sequentially deliver the analytes 

into the sensing area on the fluidic chip. For this purpose, the cavity width was fixed at 
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2.5μm, where it was coated with 14 nm thickness of the silver layer. Spin-on-glass 

(SOG) was used as a protective layer with a thickness of 100nm. As shown in figure 

A4, the first section is designed for buffer storage with an area of 300mm2. Then the 

channel ramifies into 3 parallel branches with a width of 300um, two of which are 

designed symmetry for target delivery and one in the middle for negative control. All 

three branches are expanded into 400um in the sensing area that is wide enough to be 

detected by the CMOS camera. The whole sensing area has dimensions of 2.8mm by 

3.8 mm that fits the field of view (FOV) of the camera. Each branch has a separate 

waste-bin to collect the liquids. Based on the several sensitivity tests with the optical 

cavity system, we minimized drifting issues with the final sensing layer of SU-8. Since 

the surface properties of SU-8 is similar to the PDMS, the proposed design tested on 

PDMS channels with the same channel height of 8um for the optical cavity. This 

height comes from simulation data of differential value for reflective changes in the 

optical cavity system. Although the channel width was increased to 800um to retaliate 

the effects of very shallow height, high hydrodynamic resistance was expected in the 

channel. The exponentially decreasing velocity pattern started at 0.2mm/s and 

completely stopped after 15 min with total liquid delivery of less than 1uL (~0.15 

mm/s). To avoid transport limitation and decrease the assay time, the average velocity 

in the sensing area needs to be in the range of 1 mm/s. 

A mini vacuum pump is used to maintain the velocity in the desired range and 

smoothly drive the liquids by surmounting the high hydrodynamic resistance in the 

channel. The vacuum pressure can be easily regulated down to -45 kPa by controlling 

the inlet voltage. By using this vacuum, we demonstrated the sequentially delivery of 

the liquid on the proposed design, as shown in figure A4. The whole process takes 30 

minutes, including buffer load, target load, and washing step. We first load the buffer 

(blue color) from buffer inlet to fill the whole channel. Then the very small volume of 

two targets (0.5uL) was introduced from the target inlets, and they simultaneously 

flowed toward the sensing area in two parallel channels. As a final washing step, the 

buffer solution rinsed the sensing area to read out the signals. 
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Figure A4. The fluidic control system in the optical cavity 

 

Measurement results: To process the signals, the captured images are saved and 

analyzed at processing software (Igor Pro), and high signal changes for solutions with 

different reflection indexes were observed. The differential detection method is 

employed to achieve high sensitivity and improve the fabrication tolerance. By 

knowing the sensing layer thickness (15 nm) and the dimension of BSA molecule 

which estimated as 4nm * 6nm * 14nm (Sigma-Aldrich), the LOD was calculated to 

be 1.12 × 10−9 ×
0.0003

0.191
 [𝑀] = 1.76 pM. 

Conclusion and future work: We have successfully designed and fabricated off-the-

shelf setup to quantitively detect biomolecules using an optical cavity-based biosensor. 

By using differential values, the Limit of Detection (LOD) was improved into 1.76pM.   

Further investigation will be conducted on reducing the noises and adjusting 

laser intensities to enhance the sensitivity. A real immunoassay will be conducted on 

this platform using Immunoglobulin G (IgG) and presenting the quantitative detection 

results. 


