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As a result of numerous advances towards miniaturization in several diverse fields 

including chemistry, nanofabrication, microfluidics, and electronics, point-of-care (PoC) 

biosensors have become a promising tool to combat the most life-threatening and expensive health 

issues affecting the world today. PoC technology helps solve these problems by allowing for 

diagnostic tools typically restricted to centralized facilities to be brought closer to the point of 

diagnosis for faster and more frequent testing in both clinical and remote settings. While many 

biosensor types exist, electrochemical-based detection has the advantage that it is inherently 



xx 

 

compatible with circuits, requiring only electrodes for transduction, allowing it fully to benefit 

from both Moore’s Law scaling and the well-established semiconductor manufacturing industry 

to produce miniaturized, cost-effective, and portable devices. However, there has been a lack of 

successful PoC electrochemical platforms capable of running multiple diagnostic tests or multi-

analyte assays due to the difficultly of balancing power and area constraints of the circuitry with 

maintaining the required sensitivity. 

Therefore, in this dissertation, the circuit and system design of two electrochemical 

biosensor platforms are presented that explore the challenges of implementing both multi-

technique and multi-analyte biosensors at the PoC. The first is a reconfigurable, multi-technique 

electrochemical biosensor designed for direct integration into smartphone technologies to enable 

personal health monitoring. By repurposing components from one mode to the next, the biosensor 

is able to efficiently reconfigure itself into three different measurement modes allowing it to run a 

variety of assays. Each distinct mode is able to match the performance of state-of-the-art single 

technique biosensors, while all being integrated onto a single device at a fraction of the size. The 

3.9×1.65 cm2 module was used with a modular smartphone for a variety of real-world point-of-

care applications. 

Scaling the sensors further for high-density multi-analyte testing, a 4,096-pixel 

electrochemical biosensor array in 180 nm CMOS is presented. It uses a coulostatic discharge 

sensing technique and interdigitated electrode (IDE) geometry design to reduce the size of the 

readout circuitry. Each biopixel contains an IDE with a 13 aA low-leakage readout circuit directly 

underneath. Compared to standard electrodes, the implemented IDEs along with their inherent 3-

D trenches achieve an amplification factor of 10.5× from redox cycling. The array's sensor density 

is comparable to state-of-the-art arrays, all without augmenting the sensors with complex post-
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processing. The simultaneous detection of anti-Rubella and anti-Mumps antibodies in human 

serum is demonstrated. 
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Chapter 1  

Introduction 

 

 

1.1 Motivation for Point-of-Care Biosensors 

Currently, chronic diseases, such as heart disease, stroke, and diabetes, are the leading 

cause of death and disability in the United States, with over 50% of the population having at least 

one chronic illness [1,2]. Furthermore, 87% of the total annual healthcare expenditures ($2.7 

trillion in total) are for chronic diseases with 35% of this spending being only for 8.7% of the 

population [3]. This high death rate and financial cost exists even though in many cases these 

diseases are preventable or easily manageable. On the other hand, in developing countries, 

communicable disease, such as respiratory infections, HIV, and TB are the top causes of death [4]. 

Outbreaks of acute infectious disease are also a major concern as they not only can create a large 

death toll, but also spread to other parts of the world if unchecked, such as the Ebola outbreak in 

2014 that infected individuals in 10 different countries, caused 11,310 verified deaths, and cost 

$3.6 billion dollars to control [5]. Much like the issues in developed countries, these diseases are 
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often also preventable or treatable, but, in this case, a lack of adequate healthcare infrastructure 

makes such solutions infeasible. 

One of the main reasons why these problems exist and why the current system is unable to 

offer an efficient solution is that much of modern medicine is based on a reactive approach to 

healthcare, which relies on a cycle of doctor’s visits and diagnostic tests performed at labs. While 

this approach works well with treating acute illnesses, it is often inefficient for a number of reasons. 

Firstly, this system depends on the patient to seek care after symptoms appear, which typically 

means that the illness has progressed to a somewhat severe state. Furthermore, there is a reliance 

on access to a centralized facility with trained personnel and expensive test equipment that can 

take a significant amount of time to return results delaying appropriate treatment. Finally, the 

patient is typically only a passive recipient of treatment, rather than an active participant in 

managing his or her own health. 

Point-of-care (PoC) biosensors, as shown in Figure 1.1, allow for diagnostic tools to be 

brought closer to the patient thereby augmenting the current healthcare system by providing more 

rapid and frequent feedback loops. With PoC devices located near a patient such as at-home 

diagnostics or wearables, the patient can begin to be more involved in their own health to prevent 

series issues and manage chronic conditions. More comprehensive testing equipment can also be 

carried by the physician or in the doctor’s office for faster results leading to early treatment and 

better patient outcome. Finally, the same technology can also be used for rapid and accurate ad 

hoc testing in remote settings. Hence, moving diagnostic devices closer to the PoC greatly 

improves the quality of healthcare both in the developing develop parts of the world. However, to 

make these improvements to the system possible sensitive, low-power, and small-form factor PoC 

platforms need to be designed. 
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Figure 1.1. Modern healthcare system augmented with PoC biosensors. 

 

1.2 Electrochemical Biosensing 

Electrochemical sensors consist of a two or more electrodes submerged in an electrolytic 

solution to form an electrochemical cell. The “bioelement” or recognition molecule (DNA, 

antibody, protein, peptide, etc.) is used to isolate the biomarker of interest from all other interferers 

converting biochemical detection directly into a change in the electrical characteristics of the 

electrochemical cell. This electrical variation is then transduced by an electrode, typically known 

as the working electrode (WE), which is made of gold, platinum, carbon, indium tin oxide, etc., to 

a current or voltage signal to be measured by an analog front-end known as either a potentiostat or 

galvanostat. The counter (CE) and reference (RE) electrodes are used together in feedback to 

complete the circuit with the working electrode and properly set a reference voltage in the 

electrochemical cell. 
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The electrochemical cell can be modelled in terms of passive electrical components that is 

known as Randles equivalent circuit. The model consists of a solution resistance (determined by a 

number of factors including strength of buffer), charge transfer resistance (efficiency of redox 

reactions), double layer capacitance (formation of ions around a biased WE), and Warburg 

impedance (diffusion of redox molecules) to model the various electrochemical phenomena that 

occur within the cell as shown in Figure 1.2. For biosensing, the “bioelement” affects a change in 

one of these elements either through charge displacement or accumulation, impeding or 

encouraging the rate of reduction/oxidation reactions, or shifting of the bulk ion concentration. All 

these occurrences can be sensed directly as an electrical current or voltage, often after applying a 

potential or current signal to the electrochemical cell. It is worth noting that the need for only a 

metal or carbon electrode in addition to the measurement circuitry makes electrochemical 

biosensors ideal for PoC applications because the sensors themselves are highly scalable and can 

be fully integrated together with circuitry onto the same chip. 

 

 
Figure 1.2. Diagram of circuit model and varying modes of electrochemical detection. 

 

1.3 Potentiostat Circuitry 

A potentiostat circuit, similar to the standard single channel resistive feedback 

transimpedance amplifier (R-TIA) or instrumentation amplifier (IA) based designs shown in 
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Figure 1.3, is used to run electrochemical techniques, which require potential control and current 

measurement such as cyclic voltammetry, chronoamperometry, and pulse voltammetry each with 

its own drawbacks and advantages. The technique chosen typically depends on the application as 

well as the type of assay, so it is crucial for PoC biosensors meant for general diagnostic testing to 

be able to perform as many techniques as possible. The measurement circuitry must be able to 

apply a stimulus potential signal between the WE and RE that can be any combination of triangle, 

square, step, pulse, or sinusoidal waveforms. The applied voltage range is traditionally limited to 

below 1 V with a resolution of at least 5 mV. The resulting generated current waveform is then 

measured, which corresponds to the amount of the biomarker detected by the sensor. The signal 

portion of the waveform is highly dependent on the assay, concentration range of the analyte, and 

size of the transducer. For the PoC screen-printed electrodes or microelectrodes such signal 

currents can range anywhere from femtoamperes to microamperes on top of background currents 

so high sensitivity and large dynamic range is often necessary. Furthermore, the bandwidth 

requirements typically range from sub-Hz levels to 100 KHz, so contending with 1/f noise for 

some techniques is crucial, while for others extending the bandwidth is necessary, thus integrating 

more noise. Hence, for enabling multi-techniques, the gain and bandwidth must be adjustable, the 

input leakage current needs to be a fraction of the expected minimum signal current, smaller if 

dealing with a high sensor impedance such as ion-selective electrode, and the appropriate noise of 

the analog front-end (AFE) needs to be filtered or reduced. 
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Figure 1.3. Simplified schematics of single channel potentiostat designs from [6]. 

 

1.4 Challenges 

As discussed before, potentiostats designed for a variety of assays rather than a single 

application tend to be very sensitive and highly customizable meaning that they can be bulky and 

consume a lot of power. When moving to a PoC device, there are many challenges that must be 

overcome. For personal diagnostic devices or wearables, the area the circuitry consumes must be 

small enough to allow the device to be portable and easy to carry or integrate into a wearable 

device. More challenging is the limited power available, as the device must now run off of batteries 

either its own or from a nearby mobile device or harvest energy. When drawing power from a 

mobile device, it must consume negligible amounts since battery charge is already a precious 

commodity. These energy sources also mean lower voltage headroom typically regulated to 1.2-5 

V reducing dynamic range and making it crucial that gain be programmable to prevent saturation. 

Furthermore, at this scale, the logic, microcontrollers, mixed signal, and communication circuits 

also begin consuming a more significant portion of the area and power, leaving only so much 

available for the AFE to trade for lower noise and leakage. When scaling down to micro-sized 

electrodes (< 0.01 mm2) for high-density arrays integrated on chip, which can perform multi-
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analyte detection, the area constraint for the in-pixel circuitry becomes an even greater challenge. 

To match the number of sensing areas used by standard optical based array scanners (< 100 µm 

spot size) without consuming too much expensive silicon area, sensor pixel sizes typically are less 

than 0.01 mm2. This means that the in-pixel circuitry containing the AFE can become the limiting 

factor determining the density of the array. Furthermore, scaling the size of the electrodes more 

than 1,000× decreases the current signal generated proportionally, requiring both increased 

sensitivity and reduced size of the measurement circuitry.  

 

1.5 Scope of Dissertation 

This dissertation presents the development of the measurement circuitry for PoC and high-

density array biosensors for multi-technique devices and multi-analyte sensing. In Chapter 2, the 

current ecosystem of PoC electrochemical biosensors for mobile health, or mHealth, applications 

is discussed. Chapter 3 introduces a single-analyte multi-technique reconfigurable electrochemical 

biosensor for integration directly into mobile devices or wearables. Advancing to multi-analyte 

sensing, Chapter 4 presents a highly scalable electrochemical biosensor scheme intended for high-

density parallelized PoC diagnostics. Chapter 5 goes over the full-scale integrated version of this 

high-density coulostatic discharge-based array using redox cycling to amplify the minute signals. 

Finally, Chapter 6 presents concluding remarks and future research directions. 
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Chapter 2  

mHealth-oriented Electrochemical Biosensors 

 

 

2.1 Introduction to mHealth for PoC Diagnostics 

As of 2017, 63% of the world’s population use mobile phones, and 31% specifically have 

a smartphone [7]. In the United States, the number of adults with smartphones has already reached 

77% with 12% being “smartphone only” users without a household phoneline or internet [8]. This 

growth can also be seen in other regions of the world such as Africa, Asia Pacific, and the Middle 

East that account for 80% of all new mobile phone subscriptions [7]. This overwhelming data 

clearly shows that mobile phones and, increasingly so, smartphones have become a ubiquitous part 

of everyday life around the world. Having what is essentially a very powerful network connected 

portable device attached to almost everyone, presents a tremendous opportunity to the leverage 

this technology to developed PoC biosensors that offer the user portable and convenient diagnostic 

testing. This trend that involves utilizing mobile phones to support medical and public health 

practice has been coined as mobile health or mHealth. 
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Due to the widespread availability of mobile phones, there have recently been a large influx 

of mHealth biosensing peripheral modules that attach to smartphones to take advantage of their 

computing power, network connectivity, battery, and camera in order to offload as much of the 

biosensor components as possible onto the phone itself. Therefore, much more streamlined devices 

can be produced that consume less power and area and are less expensive compared to equivalent 

stand-alone biosensors. It is worth noting here that while much of the smartphone-based biosensor 

ecosystem consists of optical based sensing that uses the camera to measure fluorescent or 

colorimetric assays [9–11], the following sections will only focus on electrochemical sensing. 

These optical techniques are typically limited by the resolution and focus of the smartphone 

camera as well as ambient lighting conditions [12]. On the other hand, electrochemical 

measurement has the advantage of being mostly independent of the smartphone’s capabilities 

while still achieving a comparable or better formfactor than optical peripherals.  

 

2.2 Integration with Smartphone and Mobile Devices 

A number of different ways to integrate a peripheral module to a phone have been 

developed all with distinct trade-offs in terms of available power, data rate, and compatibility with 

different makes and models. 

2.2.1 Proprietary Port 

Proprietary ports such as USB-B or Apple’s lightning port have been widely used as a 

method to both provide power to the peripheral and send bidirectional data [13–17]. Typically, no 

additional power source other than the phone is required in this case removing the hassle of 

charging or replacing an extra battery, which can lead to better patient adherence to frequent 

testing. The lack of a battery also can greatly reduce the bulk and size of the peripheral device. 
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The amount of available power from these interfaces is also very high with USB rated to provide 

a maximum of 2.5 W. This amount of power is more than enough when designing electrochemical 

measurement circuitry, which at most have been shown to consume 400 mW [17]. However, 

interfacing with these ports requires the addition of a USB interface chip (such as the CH372 or 

FT232R), which is essentially an additional microcontroller, that handles the lower layer USB 

protocol between the phone and onboard logic [14,17]. Furthermore, compatibility between 

smartphone devices is very limited when using only the proprietary interfaces. A device produced 

specifically for a certain smartphone type would need to be redesigned in order to be compatible 

with a different make or model. For example, a different interface would be required when 

switching between old and new models of the iPhone, from iPhones to Android phones, from USB-

C to USB-B devices, and even between various feature phones. 

 

2.2.2 Audio Headphone Port 

 

The 3.5-mm audio port intended for connecting headphones can be used as an interface 

between a peripheral device and mobile phone. This port allows for both bidirectional data transfer 

via the microphone terminal and one of the output channels (left or right ear) and power transfer 

from the phone using the remaining output channel. When used as the interface for power and 

communication for a peripheral device, the headphone jack’s main advantages are that it is both 

the only truly universal I/O port that exists on all smartphones along with feature phones and has 

remained entirely unchanged throughout many generations of smart devices (expect for the iPhone 

X, which requires an adapter). Hence, mHealth peripherals that use the headphone jack are 

essentially hardware compatible with all devices that have a three terminal audio port including 

laptops, tablets, mp3 players, and older mobile phones. Similar to devices that use the proprietary 
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ports, taking power from the audio jack means that no additional battery is required. However, 

since this port is AC coupled (bandpass from 20 Hz to 22 kHz) to prevent damaging headphones, 

no DC signals can pass through requiring both rectification of the audio output for power and 

modulation / demodulation of control and data signals. 

 

2.2.2.1 Power Harvesting 

As is demonstrated in prior art, an output sinusoid from the audio channel can be rectified 

with a MOSFET H-Bridge and Schottky diode for to obtain a 1.2 – 4 V that can be further regulated 

and filtered [6,18–20]. However, since various makes and models of smartphones use different 

audio drivers, the output characteristics of different headphone jacks can vary. Figure 2.1 shows 

the measured values of both the output resistance and available power for a wide variety of 

smartphones. The resistances and maximum power available range from 1-20 Ω and 3-80 mW, 

respectively. The variation in output resistances can negatively affect the matching between the 

phone and the power harvesting circuitry leading to further reduced power. To account for this, an 

automatically tunable matching network can be added to the peripheral device in order to change 

the input impedance of the harvester and improve overall power transfer efficiency. This technique 

has been demonstrated to improve efficiency from 52% up to 85.4% [20,21]. Even with this 

improvement, however, the power consumption of biosensors that use the audio port must still be 

low enough in order to remain compatible with most smartphones. As a result, all the peripherals 

in this space consume the least power (2.5-6.9 mW) when compared to other smartphone-based 

biosensors, aside from those that use NFC [6,19,21]. 
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Figure 2.1. A survey of the output resistance and power available for a set of popular 

smartphones. 

 

2.2.2.2 Data Transfer 

Signal transmission via the audio port can be accomplished in a number of different ways. 

Frequency shift keying (FSK) at ~17 bps handled by an on-board microcontroller can facilitate 

digital transmission between the smartphone and peripheral device as is demonstrated in 

Nemiroski 2014 and Sun 2017 [18,22]. In Wang 2015 [23], a phase-locked loop (PLL) (TI 

CB4046B) with active filters is used to demodulate a frequency signal from the smartphone to a 

voltage ramp stimulus for the potentiostat to run cyclic voltammetry. Another PLL is used to 

modulate the output of the potentiostat back to a frequency signal to transmit it to the phone to be 

quantized. This design does not require an onboard digital-to-analog converter (DAC), analog-to-

digital converter (ADC), or microcontroller, instead offloading most of this functionality to the 

smartphone. However, the ability to set the test parameters including scan rate and voltage range 

is limited because the absolute voltage and slope of the ramp are dependent on each other. In Sun 

2016 [21], bidirectional data was instead handled by a low power microcontroller sending and 

receiving UART packets in order to set the test parameters for cyclic voltammetry. The ramp signal 

was then generated on-board using a PWM generator and integrator with feedback to a course 

ADC to insure accuracy. The output of the potentiostat was then converted into a frequency by a 
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555-timer-based voltage-controlled oscillator (VCO) modulated with marker tones to ensure that 

the measured data lines up with the stimulus voltage. This frequency signal is then sent to the 

phone to be quantized. This design is able to independently set the voltage range and scan rate, 

while still consuming low enough power to be powered off of the audio jack. Jiang 2017, similar 

to Wang 2015, completely does away with using a microprocessor, instead relying on frequency 

and voltage modulation of the audio output channel along with frequency and amplitude detection 

circuits to control the EIS biosensor [19]. This design allows the peripheral to achieve a low 2.5 

mW maximum power consumption and power itself directly from the audio port. 

 

2.2.3 Bluetooth 

 

Recently more and more mHealth peripherals have begun using Bluetooth to wireless 

transmit data to and from the smartphone [24–35]. The obvious benefit is that these types of 

peripherals are compatible with all types of smartphones regardless of the make or model. Also, 

since some companies have been shifting towards replacing most wired interfaces with wireless 

ones, using Bluetooth connection appears to be more future proof than the headphone port. 

However, a wireless biosensor dongle requires an additional battery that must be either replaced 

or recharged in addition to the smartphone. In addition to an extra battery and Bluetooth radio 

module (such as HC-06, HM-10, TI CC2541, Bluegiga WT-12), these types of peripherals must 

also generate all the voltage stimulus signals as well as quantize the potentiostat output on-board. 

 

2.3 PoC Implementations of E-chem Techniques 
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2.3.1 Amperometry 

For potential controlled current measurement techniques such as chronoamperometry (step 

input), cyclic voltammetry (triangular waveform input), and pulse voltammetry (pulse train input), 

most mHealth devices either use a commercially available AFE i.e., TI LMP91000, or a custom 

potentiostat circuit. The advantage of LMP91000 is that the entire AFE is completely integrated 

into a single chip in a 4×4 mm2 package that consumes ~40 µW. The detectable current range for 

this chip is 5-750 µA, which is acceptable for applications such as blood glucose measurement 

where concentration of the analyte is generally high [35], but not sensitive enough for many other 

assays. Instead, when power can be traded for lower noise and smaller input bias current, custom 

potentiostat circuits with resistive feedback transimpedance amplifiers (R-TIA) as in Figure 1.3 

are designed to obtain a higher current resolution. The open source “CheapStat” potentiostat has a 

current resolution of 1 nA with tunable gain from 33-165 kΩ [26,36]. Fan 2017 demonstrates a 

custom Bluetooth potentiostat that also achieves a current resolution of 1 nA and limit-of-detection 

(LOD) for neuron-specific enolase of 22 pM using differential pulse voltammetry (DPV) [27]. Sun 

2016 also obtains a ~300 pA current resolution with a LOD for secretory leukocyte protease 

inhibitor (SLPI) of 1.4 nM using CV in an audio-jack powered peripheral. Jung 2017 and 

Pechlivanidis 2017 also both report current resolutions for their Bluetooth based biosensors of 400 

pA and 122 pA, respectively [17,29].  

 

2.3.2 Potentiometric 

Potentiometric measurement circuitry typically only requires an amplifier with a large 

input impedance to measure the voltage from an ion selective electrode known for its high 

resistance (10 MΩ – 1 GΩ). In Zhang 2015, a USB powered non-inverting amplifier with a input 
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bias current of ~20 nA is used and can achieve a LOD of α-amylase of 89 nM [14]. There also 

exists a commercial potentiometric measurement chip, i.e. LMP91200, which is essentially an 

ultra-low leakage buffer (600 fA), that has been used in audio-jack biosensors [18]. 

 

2.3.3 Electrochemical Impedance Spectroscopy 

Electrochemical impedance spectroscopy (EIS) is typically measured by applying a small 

sinusoidal voltage stimulus between electrodes and measuring the magnitude and phase of the 

resulting current signal at multiple frequencies in order to calculate an impedance spectrum.  Due 

to the typical frequency range 1-100 kHz and the low 5-mV peak amplitude of the stimulus signal, 

EIS tends to be the most power consumptive measurement technique since it needs to accurately 

measure both magnitude and phase accurately from a small current signal at all frequencies within 

the spectrum. Hence, most of the mHealth oriented EIS sensors require power sources such as a 9 

V lithium ion battery. As with the other two measurement modes, there exists a popular 

commercial IC solution, AD5933, which is able to fit a complete digital signal generator (DDS) 

core, DAC, ADC, and discrete Fourier transform (DFT) hardware into a single small chip 

[24,25,30]. However, the main issues with this IC are that the smallest potential stimulus it can 

apply is ~200 mV peak-to-peak and the bias point cannot be set independently of the amplitude. 

In most cases, EIS measurements need to be fitted to a linear impedance model. With a high 

stimulus amplitude, it can no longer be assumed that the data matches this linear model. 

Furthermore, in assays where there are redox reactions, setting the bias point accurately is crucial 

to the measurement. Custom EIS circuits have been created to obtain more accurate results that 

use on-board ADCs, DACs, and microcontrollers relying on separate batteries to provide enough 

power [31,33]. However, Jiang 2017 shifts the generation of the stimulus signal and quantization 
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to the smartphone through the headphone jack, negating the need for a microcontroller and mixed-

signal circuits allowing for a very low power (2.5 mW) EIS peripheral, which is mostly analog 

[19]. 

 

 

2.4 Summary 

The current ecosystem of mHealth PoC electrochemical biosensors was explored and the 

different types of interfaces were compared to demonstrate the trade-offs of each. Overall 

compatibility with smartphones, amount of available power, whether an external power source is 

required, and the sensitivity of the potentiostat circuitry was examined. While each type of 

peripheral biosensor has its own advantages and optimal use cases, carrying around multiple 

dongles for different PoC assays in unrealistic. Hence a device that combines all the techniques 

and benefits together into a single biosensing platform would greatly improve the practicality of 

mHealth PoC biosensors. Furthermore, all of the current mHealth biosensor devices are for single-

analyte detection, and further improvements in the measurement circuitry are required to be able 

bring multi-analyte measurement into the mHealth space. 
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Chapter 3  

A Multi-Technique Reconfigurable Electrochemical 

Biosensor: Enabling Personal Health Monitoring in 

Mobile Devices 

 

3.1 Introduction 

Chronic illnesses, such as heart disease, stroke, cancer, and diabetes, are not only the 

leading cause of death and disability in the US, but also the most commonly diagnosed and 

expensive health issues to treat [2]. One of the many reasons for this phenomenon is the heavy 

reliance on periodic hospital checkups as the sole mechanism to determine one’s well-being. While 

remote and at-home testing is a promising solution to help alleviate this burden on the healthcare 

system and potentially improve one’s health, most medical diagnostic equipment today is confined 

to centralized laboratories and hospitals. Furthermore, this equipment is too expensive and bulky 

for direct PoC use. 

Fortunately, recent advances in portable electronics and sensor miniaturization have 

allowed for the development and proliferation of mHealth technologies that can continuously 
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monitor patients at the PoC, away from traditional hospital settings. Many mobile devices have 

fitness-oriented sensors built-in, such as accelerometers for tracking physical activity, 

electrocardiograms (ECG) to record the electrical signals of the heart, and photoplethsymogram 

(PPG) to determine heart rate as well as the blood oxygenation level. Unfortunately, these sensors 

offer limited medically actionable data, especially for those with chronic diseases. Biomolecular 

sensors, on the other hand, that measure the constituents of biological samples (e.g., blood, urine, 

saliva, etc.) provide a much more complete and medically relevant picture of the user’s health. 

Such sensors could be used for at-home diagnosis of infection, monitoring of treatment progression 

[13,22,37], hydration and fatigue tracking during exercise [38], and testing food and water safety 

[22,23,39–41].  

While several add-on biosensing modules for mobile phones have been developed that 

leverage intrinsic hardware such as the camera, Bluetooth, USB, and audio port [6,13,22,23,37–

48], these devices are still external to the phone making them more burdensome to manage and 

transport than a fully integrated solution, dissuading frequent use. By integrating biosensors 

directly into a smartphone or smartwatch and leveraging the scalability, cost-effectiveness, and 

accuracy of electrochemical biosensing, which led to the success of glucose meter, one can develop 

much more accessible and seamless mHealth applications that promote adherence to frequent or 

continuous testing. Furthermore, in addition to being a boon for those who live with chronic 

illnesses, biosensors integrated into everyday items also enable other individuals who are either at 

risk for disease, trying to improve health and fitness, or curious about their well-being to routinely 

monitor themselves.  

To this end, we describe the design of an electrochemical biosensor module for direct 

integration into a smartphone or wearable through the use of a reconfigurable bipotentiostat 
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capable of both supporting an extended range of techniques and, at the same time, conforming to 

the challenging size and power consumption constraints set by continually shrinking portable 

devices. While enabling a wide variety of tests would typically consume additional area and power, 

this design alleviates the problem by repurposing the same components in different measurement 

modes, ultimately reducing the redundancy. The entire platform (Figure 3.1) consists of the 

sensing module that houses the reconfigurable potentiostat that is meant to be built into a mobile 

device, an external sensor (disposable test strips, screen-printed electrodes, ion selective 

electrodes, etc.), and the mobile device itself. Since the external sensor component is in contact 

with the biological sample and is meant to be disposable, it is not permanently integrated into the 

smartphone like the rest of the module. However, when compared to non-integrated biosensors, 

which have this same external sensor constraint, smartphone integration ultimately eliminates 

having to carry around an extra hardware component thereby increasing accessibility. The mobile 

platform used in this work is Google's Project Ara modular smartphone, which allows the user to 

swap out different components and customize the phone’s hardware. This platform is ideal for 

biosensor integration because of its open and high-speed interface as well as its modularity that 

enables the smartphone to have biosensing, amongst many other, capabilities. 
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Figure 3.1. Illustration showing potential uses for the multi-technique biosensor platform 

integrated into smartphones and wearable devices. 

 

3.2 Electrochemical Sensing Background 

As with other state-of-the-art PoC electrochemical biosensors, the most crucial component 

is the potentiostat, or the analog front-end, that interfaces with and controls the electrodes in 

contact with the sample. A typical electrochemical cell consists of a working electrode (WE), 

where the biochemical reaction occurs, and a reference electrode (RE), usually working in tandem 

with a counter electrode (CE) to set the potential of the cell. While there are numerous types of 

techniques which the potentiostat can conduct, each with varying sets of parameters, requirements, 

and advantages, all these methods essentially measure different aspects of the same phenomenon: 

the movement and displacement of charge at the interface between an electrode and an electrolytic 

solution, also known as an electrochemical cell. Equivalent circuit models of this electrochemical 

cell can be used to better understand the sensing mechanisms of various electrochemical 

techniques, thereby guiding the design and implementation as well as setting the requirements of 

the circuits tailored for each distinct test type.  
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Randles equivalent circuit [49], shown in Figure 3.2 for a three electrode system, is the 

most widely used electrical model for characterizing the electrode-solution interface, and contains 

four main components: double-layer capacitance (Cdl), charge transfer resistance (Rct), Warburg 

impedance (ZWarg), and solution resistance (Rs). Cdl is a combination of the capacitance of the 

electrode itself and the capacitance generated by layers of ions and charged molecules forming at 

the surface of the electrode due to electrostatic forces. Cdl is not a strict capacitance, and is typically 

modelled as a constant phase element with an impedance of 𝑍𝑑𝑙 =
1

(𝑗𝜔)𝑚𝐶𝑑𝑙
 , where m is the phase 

parameter. Typically, Cdl ranges from 0.1-1 µF/mm2 and is highly dependent on the salt 

concentration in solution as well as the voltage of the electrode [49,50]. Rct captures the transfer of 

electrons between the solution and electrode from reduction and oxidation reactions of molecules 

close to the surface. This resistance is typically ~10-100 kΩ or approximately infinite in cases 

without the presence of redox molecules (non-faradic measurements) and varies with the 

concentration and type of molecule as well as the materials and voltage bias of the electrode. ZWarg 

models the diffusion of redox molecules to and from the surface. Similar to Cdl, it also is a constant 

phase element component, but always with a 45° phase shift. Finally, Rs models the ions drifting 

in bulk solution and is set by the solution conductivity and applied voltage. Depending on the 

measurement technique, different components of this model become important to the design of the 

potentiostat. 

Amperometry is the standard method to perform most sensitive labelled assays, which use 

enzymatic tags that transduce and amplify a detection event into a measurable electrochemical 

signal. The circuitry for amperometric techniques [51–53] applies a voltage waveform between 

the WE and RE using the CE to reduce voltage error while measuring the corresponding generated 

current signal at the WE, which is proportional to the concentration of the biomarker. For example, 
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cyclic voltammetry (CV) and linear sweep voltammetry (LSV) both use slow (10-100 mV/s) ramps 

(< 1 V sweep range) to stimulate the electrochemical cell, while step-techniques such as 

chronoamperometry (CA) and square wave voltammetry (SWV) instead use pulsed voltages (a 

single step for CA and 10-100 Hz for SWV). In the majority of amperometry, the objective is to 

measure the current due to a particular redox reaction rather than from the faster charging and 

discharging of Cdl, referred to as background current. Even in pulsed techniques, the sections of 

the current measurement that contains the signal occur after the output has settled. Hence, 

amperometry necessitates precise voltage control and high measurement sensitivity for slow large 

signal currents. 

While ions cannot be easily measured with traditional labelled assays or DC current 

measurements, their inherent charge and size allows them to be detected via potentiometric tests. 

Ion-selective electrodes (ISEs) separate specific ions with a semi-permeable membrane between 

two electrodes, thereby creating a potential difference (~0.1-100 mV) proportional to the amount 

of that ion concentration in the solution. However, due to the nature of these sensors, their 

impedance is very high, roughly on the order of 100 MΩ, necessitating high resolution sampling 

of the electrode voltage with a high input impedance. 

For label-free electrochemical assays, electrochemical impedance spectroscopy (EIS) is 

most often used since it measures changes in impedance on the surface of an electrode due to 

displacement of charge (ΔCdl) or impeding of redox reactions (ΔRct). Although there are many 

different circuit topologies that can implement EIS [54–56], generally they all apply small 

amplitude (<10 mV) voltage sinusoids of varying frequencies (0.1 Hz – 100 kHz) between a two 

electrode cell and record the resulting current. For each frequency, the magnitude and phase change 

is calculated and used to find the complex impedance ultimately forming an impedance spectrum 
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that can be fitted to the Randles circuit. Unlike in traditional amperometry where aligning the 

timing of the input and output waveforms is often not necessary, EIS circuitry must not only have 

high enough bandwidth to measure these small signal AC currents but also have the ability to 

accurately track phase change between the applied voltage and measured current. Furthermore, 

any frequency dependent phase shift introduced by the measurement circuitry must be calibrated 

out. 

 

 

Figure 3.2. Randles equivalent circuit model for a three-electrode system. 

 

3.3 Design of Reconfigurable Module 

In this work, the potentiostat discussed is based on a well-studied and commonly used 

topology in electrochemistry [57,58], and is an expanded and improved version of our previous 

work [59]. However, to enable a large set of possible mHealth applications, the potentiostat must 

be able to run multiple types of techniques discussed above, which require different sensing modes 

and additional circuitry. Each of these various types of tests would typically require a different and 

separate set of circuitry. However, space and power are highly constrained resources on a mobile 

device and commodities must be shared with the device’s other components. Therefore, in order 

to reduce the area and, more importantly when moving to an integrated circuit implementation, the 

power, a single reconfigurable design (Figure 3.3), rather than three different sets of potentiostat 

circuits, is used that repurposes components from one mode to the next while maintaining 
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performance across different techniques. Hence, the potentiostat is designed to support three 

distinct techniques: 1) amperometric, 2) potentiometric, and 3) impedance spectroscopy. 

To further increase the flexibility and compatibility of the platform with PoC type of tests, 

the potentiostat includes dual WEs each with its own resistive feedback transimpedance amplifier 

(TIA), which is based on circuit topology commonly used in potentiostats [36,60,61]. Using 

networks of switches that can switch between a range of different resistors and capacitors, each 

TIA has independently adjustable gain (10 kΩ, 100 kΩ, and 1 MΩ) and bandwidth (1 Hz – 100 

kHz), expanding its dynamic range and allowing it to measure different types of biomarkers that 

have varying sensitivity requirements. This dual WE functionality also enables two tests of the 

same technique to be run simultaneously on the same sample, allowing one to either be a control 

to compensate for factors such as temperature variation or background signals, or an additional 

sensor for another biomarker. In order to take advantage of this parallel testing, an assay must 

either generate no free-roaming redox molecules that can diffuse between electrodes and cause 

interference (e.g. label-free assays) or use an electrode design that physically isolates or spreads 

out the sensing surfaces using wells or additional sample collection channels. Alternatively, the 

two electrodes can be used together for redox cycling with an interdigitated electrode in order to 

chemically amplify the signal for higher sensitivity, particularly when dealing with micro- and 

nano-scale sensors [62]. The common-mode voltage is adjustable to accommodate and optimize 

the various current and voltage ranges, which can be skewed either to the positive or negative side 

depending on the expected response. The different configurations and respective performance are 

discussed in the following sections. 
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Figure 3.3. Schematic of reconfigurable potentiostat where VCM, VIN, VWE1, and VWE2 are DAC 

outputs and VADC1-4 are ADC inputs. 

 

3.3.1 Amperometric 

The potentiostat configuration for this mode is shown in Figure 3.4. A voltage signal is 

applied to the three-electrode sensor between the RE and the WE, with the CE supplying the 

current to set the solution potential. This voltage waveform, which varies depending on the 

technique chosen, generates a current signal in the solution that is measured at the WE, in this case, 

with a resistive feedback TIA. To expand the possible applications of the device, this potentiostat 

version has two working electrodes with each channel having TIAs with independently 

configurable gain and bandwidth (adding either 1, 10, and 100 nF capacitor in parallel with the 

feedback resistance). The variable gain allows the device to adjust for the different baseline 

currents and varying physiological concentration ranges of different biomarkers, assays, and 

sensor areas. Also, since different amperometric techniques excite the electrochemical cell with 

different input voltage waveforms, the bandwidth of the generated current signal can vary. 
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Since the sensitivity of these measurements depends on how accurately current can be 

measured, the most important design considerations for this mode are the input-referred noise of 

the TIA and the current leakage at the WE node. Hence, all the switches where chosen to have low 

leakage (<20 pA) and the opamps (U1 and U2, Analog Devices AD8552) were selected to balance 

the power, input bias current (160 pA), and noise. The requirements at the other electrodes are less 

constrained. The input bias current of the RE circuitry must be minimized in order to reduce the 

IR error of the applied voltage. By using a very low input bias opamp (U3, Analog Devices 

AD8691) chosen specifically for the potentiometric mode (described later), this design achieves 

an RE leakage of 200 fA, which, with a typical solution resistance of 100 Ω, contributes a 

negligible 100 nV error. Furthermore, since the CE, which is controlled by U4 (Texas Instruments 

OPA2333), only needs to be able to supply the necessary current to the cell for this mode, the 

parameters for the control circuitry are set by the EIS mode. 

 

 

Figure 3.4. Simplified schematic of the potentiostat in amperometric mode. 
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3.3.2 Potentiometric 

In the potentiometric mode (Figure 3.5), the voltage generated between two electrodes in 

a solution is measured. Typically, an ISE requires measurement circuitry with an input bias current 

of less than 1 pA to ensure that measurement error is less than 1%. Without adding a new set of 

components, the input buffer used for RE in the amperometric mode is switched into the signal 

path for use as a high impedance input with a working electrode operating as the other terminal. 

By adjusting the bandwidth switches to provide a short, the WE circuitry in this case operates as a 

buffer and allows the voltage from sensor to either be sampled single-ended or pseudo-

differentially to reject common-mode signals. 

 

 

Figure 3.5. Simplified schematic of the potentiostat in potentiometric mode. 

 

3.3.3 Impedance Spectroscopy 

In the EIS mode (Figure 3.6), a two-electrode sensor is attached between the CE and a 

single WE, with the option of attaching an additional sensor on the other WE. Small signal (20 

mV) voltage sinusoids, with varying frequency from 1 Hz – 10 kHz, are applied between the two 
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terminals and the WE measure the resulting current. The gain and bandwidth of the WE TIA is 

adjusted depending on the impedance and frequency being measured, changing if the signal is too 

small or if the channel becomes saturated. In the two other modes, the open switches and unused 

electrodes are always low impedance nodes set to known voltages in order to avoid instability and 

interference. However, in the EIS mode, the RE input is left floating in the circuitry in order to 

avoid the leakage current from adding a switch at this node, which is crucial for accurate 

amperometric and potentiometric measurements. However, the RE can be tied directly to the CE 

through a short on the electrode without affecting the impedance measurements as it can be 

incorporated into the calibration.  

Making the approximation that the system is linear, due to the stimulus being small, the 

complex impedance ZCell is computed as: 
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on the feedback network of the TIA, which changes depending on the cell impedance, but also 

other factors such as parasitics in the switching networks and phase shift in the signal path. Hence, 
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Using known impedance measurements, the transfer function of the channel can be 

determined for each frequency (Eq. 2) and used to calibrate the impedance measurements in 

software on the host device [63]. Furthermore, to ensure that the input signal is correctly aligned 

with the output, the ADC simultaneously measures the CE voltage, thereby reducing phase error 

introduced by the control circuitry. 

 

 

Figure 3.6. Simplified schematic of the potentiostat in EIS mode. 

 

3.4 Integration with Mobile Technology 

Shown in Figure 3.7a, aside from the potentiostat, the module also contains a power 

regulation network, a DAC (Analog Devices AD5685R), an ADC (Analog Devices AD7682), and 

a microcontroller (Microchip dsPIC33EP256MC204). This periphery circuitry can be easily 

tailored to the specifications of the wearable or mobile device. The design takes its power from 

the host device with an input voltage anywhere from 2.5 to 5.5 V and with a light-load efficient 

buck-boost DC-DC converter (Texas Instruments LM366SD) in series with two LDOs (Texas 

Instruments TPS79101) regulates it to both a 4 V and a 3.3 V thereby isolating the analog and 
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digital supplies. The DAC (14-bits) and ADC (16-bits) both have 4 channels, and, via SPI, their 

maximum update and sample rates are ~200 kHz. The microcontroller controls the potentiostat 

during testing by updating and sampling from the proper DAC and ADC channels respectively. 

The microcontroller also communicates with the host device via serial communication (either SPI, 

I2C, or RS-232 depending on the mobile device interface) and configures the potentiostat with the 

proper settings. In order to integrate this module into a mobile device that is not a modular 

smartphone, an internal I/O port needs to be accessible. While this communication between the 

module and processor would usually be through a proprietary communication protocol, it is 

reasonable to expect that for mobile devices that use different types of sensors (such as 

accelerometers and pulse oximeters) the translation hardware is already available that implements 

the required communication interface between sensors and the high-speed processor bus. Hence, 

adding this module would be as simple as integrating any other sensor.  

A 3.9×1.65 cm2 4-layer PCB (Figure 3.7b) with discrete ICs was fabricated to fit into the 

Google Project Ara smartphone as a 2×1 sized module and work with an Android application 

(Figure 3.7c). Furthermore, this current prototype is small enough to be considered compatible 

with wearable devices as well. The module communicates with the Spiral 1 Ara platform via the 

I2C serial communication pins of the microcontroller. For testing purposes, we used several off-

the-shelf sensors that each have varied connectors. Hence, an interposer board to accommodate all 

the electrodes was also constructed and attaches to the top or bottom of the module. Since the 

sensing areas are smaller than the module itself, actual developed and complete mobile devices 

can have the sensor or the sensor holder, in the case of disposable test strips, mounted directly into 

the shell of the device without altering the form factor. 
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Figure 3.7. a) Block diagram of the entire module b) Photograph of PCB next to a US penny 

for scale c) Screenshot of smartphone application interface. 

 

3.5 Electrical Measurement Data 

Each of the three modes were characterized and tested to verify their functionality. For the 

amperometric mode, since the sensitivity of these measurements depends on how accurately 

current can be measured, the most important design considerations for this mode are the input-

referred noise, which was measured with 100 kΩ gain and a 1 kHz bandwidth to be 216 pARMS, 

and the leakage current at the input of the TIAs or WE. Since low leakage switches for selecting 

the gain and bandwidth are used and the number of connections to the inverting node are 

minimized, the overall input leakage (~180 pA) is dominated by the input bias current of the 

opamp. Hence, we can measure bidirectional currents ranging from ~500 pA to 200 μA, which is 

ideal for most PoC applications. For the potentiometric mode, the input bias current of the 
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measurement circuitry is ~200 fA, setting the approximate input impedance at 5 TΩ. The input 

referred voltage noise is 1.060 μVRMS (10 Hz bandwidth), and the voltage offset is ~400 μV. For 

EIS, when testing a known impedance of 100 kΩ in parallel with 1 μF from 1 Hz – 10 kHz, the 

module was measured to have a 5% magnitude and a 6° phase error as compared with a benchtop 

EIS tool. This configuration and calibration scheme described previously can measure an 

impedance range of 50 Ω - 10 MΩ. 

To demonstrate the reproducibility and stability of all modes, a series of repeated 

measurements (N = 100) on known inputs was performed using both the smartphone integrated 

platform and a benchtop potentiostat (CH Instruments 750E) also referred to in this paper as CHI. 

For the amperometric mode, a signal current of 10 μA was generated by applying a voltage signal 

across a model of an electrochemical cell made from circuit components resembling a simplified 

version of Randles equivalent circuit model (Rct = 200 kΩ, Cdl = 2 μF, and Rs = 1 kΩ). For the 

potentiometric mode, an input voltage of 0.5 V was applied directly from the sourcemeter across 

two electrodes. Finally, for EIS, the same circuit model was measured by both instruments to find 

the value of the charge transfer resistance. The results, shown in Figure 3.8, show the mean and 

standard deviation of the measurements normalized to the CHI data. While the variance in the data 

from the module is larger than that of the benchtop potentiostat (1.41 nA vs. 88.6 pA, 93.7 µV vs. 

16.3 µV, and 0.630 Ω vs. 0.186 Ω), each is still within acceptable bounds for that particular 

technique and matches well with the CHI measurements.  

These modes also consume varying amounts of power, due to the different ADC sampling 

and data transfer rates required by each mode. Also, since the module can disable the potentiostat, 

ADC, and DAC, as well as make the microcontroller sleep, essentially shutting itself off when not 

measuring (< 100 μW), the average runtimes of each technique also determine the overall energy 
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used by each mode. The entire potentiostat’s peak power consumption including the switches and 

multiplexors is 9.6 mW. To conserve space, many of the parts used in the potentiostat contain more 

than one device in a single package making it difficult to power gate individual unused 

components, so the power consumption of the potentiostat remains approximately constant across 

different modes. The digital and mixed signal circuitry including the microcontroller, ADC, and 

DAC consume a maximum of 49.5 mW in amperometric mode with a runtime of 10 – 200 s and 

46.2 mW in potentiometric mode for tests that last approximately 10 s. In EIS mode, this power 

consumption is 111 mW for an average of 130 s. To put these numbers into context, the lithium 

ion battery found in most of today’s smartphones has a capacity of approximately 1500 mAh. 

Average idle time is ~50 hours (@ 108 mW), while talk time is ~10 hours (@ 540 mW). Hence, 

at the very worst, this module would about match the power consumption of the phone while idling 

and consume 80% less than a phone call. Therefore, making a couple of several minute-long 

measurements per day should not add noticeably to battery drain of the mobile device. 
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Figure 3.8. a) Plots of the amperometric, potentiometric and b) EIS mode repeated 

measurements for both the CHI and module potentiostat for N = 100 normalized to the CHI 

average. 

 

3.6 Testing PoC Applications 

While the device itself can perform many types of electrochemical tests, the biomarkers 

detected in the following assays were chosen due to their PoC applications. All these experiments, 

while some taking more effort and materials than others, do not require lab equipment to pre-

process the samples and have been shown to be possible to measure at the PoC. 
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3.6.1 Amperometric Testing 

3.6.1.1 Glucose 

For Glucose experiments, PBS was spiked with various concentrations of Dextrose from 

Marcon (4912-12) to create the test solutions. Commercial glucose test strips (True Test Blood 

Glucose Strips) based on Glucose dehydrogenase-PQQ (GDH) were applied with the various test 

solutions (27-450 mg/dL) and measured with chronoamperometry (0.5 V step for 10 seconds) with 

both a benchtop instrument (CHI 750E) and the biosensor module. Since commercial glucose 

strips are optimized for small droplets of blood (a few microliters), 1 μL of each of the test solutions 

were used in these measurements. The results (Figure 3.9) show that the measured currents (taken 

after 10 seconds) for each concentration measured by both instruments follow the same trend. The 

calibration curve demonstrates that the assay is in the correct region to be able to diagnose or 

monitor diabetes (positive >200 mg/dL according to the American Diabetes Association). 
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Figure 3.9. a) Chronoamperometry curves for glucose measured by the sensing module and b) 

calibration curves for both the biosensor and CHI with the positive and negative diagnosis ranges 

annotated. 

 

3.6.1.2 Lactoferrin 

Lactoferrin (LTF) is a common biomarker for infection found in various concentrations in 

bodily fluid such as sweat [64], saliva [65], urine [66], tears [67], and stool [68]. In this case, the 

detection of LTF in urine is used to diagnose urinary tract infection. Unlike the detection of glucose 

which is enzymatic, the detection method used here is a sandwich assay similar to ELISA.  

Gold DropSens electrodes were functionalized for detection of LTF. Anti-human LTF 

(Abcam #ab10110) was mixed with Traut’s reagent (Pierce 26101), dropped on the gold working 
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electrodes, and incubated overnight at -4°C. 2% BSA (Thermo Scientific 37525) was applied for 

1 hour at room temperature to block the surface. Afterwards, various concentrations of LTF 

(Abcam #a78526) in 20 μL droplets were added to each electrode before adding the secondary 

antibody (Abcam #ab25811) and then the NeutrAvidin conjugated alkaline phosphatase (Thermo 

Scientific #31002). Each binding step lasted an hour and included washing in between. Finally, 

before running cyclic voltammetry on each electrode, the substrate, p-AminoPhenyl Phosphate 

(Santa Cruz Biotechnology sc-281392) was added and allowed to react for 10 minutes. The sweep 

range and scan rate were -0.2 V to 0.3 V and 25 mV/s, respectively.  

The concentration of LTF in the urine of a patient with and without an UTI is 3,300 ± 646.3 

ng/mL and 60.3 ± 14.9 ng/mL, respectively [66]. As shown in Figure 3.10, the limit of detection 

of this assay is approximately ~1 ng/mL. Hence, LTF can be detected by this device in the 

diagnostically relevant range. Furthermore, the average LTF concentration in various bodily fluids 

in healthy patients is annotated on the same plot, demonstrating that this device could also be used 

to measure physiological LTF concentrations in these other fluids. 
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Figure 3.10. a) CV curves for LTF measured by the sensing module and b) calibration curves 

for the LTF assay with the positive and negative diagnosis ranges annotated. 

 

3.6.2 pH measurements in Sweat 

pH levels in sweat secreted from the skin have been shown to correlate with hydration 

levels in the body [38]. The higher the pH the more dehydrated someone is. Hence, by monitoring 

sweat during exercise, hydration can be tracked allowing the user to act accordingly to optimize 

his or her workout and avoid dangerous over exertion. 

In order to first test the potentiostatic mode’s accuracy when interfaced with a high 

impedance sensor, standard pH buffers from Thermo Scientific (910104, 910107, and 910110) 
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were used as well as separately prepared phosphate buffers adjusted to specific values ranging 

from pH 4-10. All measurements were taken with an Oakton pH Probe (EW-35811-74). These 

buffers were measured with the biosensor module in potentiometric mode and verified with a table 

top pH meter (Orion Star A211). The maximum deviation was found to be 1.2% or 0.08 pH 

between the two measurement methods. 

Next, 75 µL of sweat was collected at 10-minute intervals from a volunteer running at a 

steady pace for an hour. Afterwards, the sweat was tested with the module using a small pH 

electrode (VersaFlex VNIS/LD). Each sample was also tested using standard pH test strips 

(pHydrion Vivid 67). As shown in Figure 3.11, the pH level increases steadily as more sweat is 

lost during the exercise as expected when compared to published data [38]. The test strips line up 

with the pH levels measured by the device and serve to confirm this trend as well. 

 

 

Figure 3.11. Plot of pH levels of sweat from subject during exercise and the pH test strip result 

for each sample. 
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3.6.3 Label-Free Assay 

The sensing of certain biomarkers, such as ions (H+, Na+, etc.) and some metabolites 

(glucose, lactose, etc.) especially those with large physiological concentrations, can be easily 

designed for portable PoC use without an abundance of steps or reagents. However, assays for 

more complex molecules (peptides, proteins, DNA, etc.) that require much higher sensitivity to 

detect can be more cumbersome and time consuming for a user to conduct. For infrequent 

diagnostic tests, such as the labelled and highly sensitive UTI test discussed previously, the 

additional washing and reagent steps in the assay are manageable in the case of at-home testing. 

However, for more remote applications that require equally high sensitivity and increased 

portability, label-free techniques, such as EIS, are a promising solution as they do not use 

enzymatic labels to indirectly measure the biomarker, but rather physical and chemical changes, 

allowing for faster results with fewer assay steps [69,70]. To demonstrate our module’s label-free 

capabilities, we conducted an assay for the detection of NeutrAvidin using biotin immobilized on 

the surface of a gold electrode. NeutrAvidin is version of avidin, a protein that forms a specific 

and high-affinity bond with biotin, a pair commonly used as a preliminary model for label-free 

detection assays. 

Prior to the start of the assay, the electrode, 100 nm of gold sputtered onto a glass substrate, 

was cleaned with 1 mM KOH / H2O2 and functionalized with a 100 µM thiolated-biotin (Sigma-

Aldrich #746622) reagent solution. After performing a washing and blocking, the electrode was 

ready for use. 20 µL droplets of different concentrations of NeutrAvidin (Thermo Scientific 

#31000) in a 1 mM ferro/ferri-cyanide (K4[Fe(CN)6])/K3[Fe(CN)6]) PBS buffer were added to the 

electrode, allowed to bind for 10 minutes, and then measured using EIS (1 Hz – 10 kHz) with a 

Ag wire pseudo RE. These data were then fitted against the standard Randles circuit [49] to 
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determine the change in charge transfer resistance, relevant in faradaic impedance measurements. 

The Nyquist plot of the results as well as the concentration curve, shown in Figure 3.12, clearly 

demonstrate that this module can be used as a label-free biosensor. While NeutrAvidin itself is not 

a particularly useful biomarker, due to the mechanism of the biotin-avidin bonding, the results of 

this model assay demonstrate that this device can be generalized and used in most label-free 

affinity assays already developed [71–73]. 

 

 

Figure 3.12. a) Nyquist plot of each serial dilution of NeutraAvidin b) Concentration curve 

after fitting data Randles circuit to find charge transfer resistance with baseline drawn below. 
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3.6.4 Comparison with Literature 

These PoC applications experiments demonstrate both the performance and the extensive 

functionality of the reconfigurable module. To closely examine the performance, Table 3.1 shows 

a comparison with state of the art portable biosensors that have been previously published. For 

each mode, our module approximately matches the performance of other platforms in terms of 

dynamic range, sensitivity, and error, while at the same time being able to reconfigure itself into 

these three different sensing modes. Hence, whereas other devices only have one or two of these 

measurement capabilities, this device is able to package all these multiple techniques with 

approximately equivalent performance into a single small form factor module. 

 

Table 3.1. Comparison with state-of-the-art for all electrochemical modes. 

Ref. Amperometric Potentiometric EIS 

 Dynamic 

Range 

Sensitivity 

[nA] 

pH 

Resolution 

Input 

[Ω] 

Frequency 

[Hz] 

Z Range 

[Ω] 

Mag./Phase 

Error 

[36] 54 dB 100 - - - - - 

[74] 43.5 dB 5000 - - - - - 

[75] 51.1 dB 15 - - - - - 

[22] 104 dB 0.5 8% 5 TΩ - - - 
[38] - - 0.2 pH N/A - - - 

[76] - - - - 0.01 – 100k 1k-1T 5%, 3° 

[77] - - - - 10 – 100k N/A 12.3%, 12° 
[47] - - - - 10 – 10k 1k – 10M  N/A, 0.8° 

This Work 106 dB < 1 nA 1.2%, 0.08 pH ~5 TΩ 1 – 10k 50 – 10M  5%, 6° 

 

3.7 Conclusion 

We have built and demonstrated a reconfigurable, multi-technique biosensor platform 

specially designed for integration directly into mobile devices for diagnosing and monitoring the 

health of a user at the PoC. By reusing components in different measurement modes, we can 

minimize the size and power of the design while at the same time keeping performance and 

expanding the functionality of the module for use in most PoC applications. By adding this 

dedicated hardware directly into every day carry electronics, we hope to promote the use of 
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specialized, portable, and practical medical devices well positioned to be the first line of defense 

in the future of healthcare. 

Chapter 3, in full, is a reprint of the material as it appears in IEEE Transactions on 

Biomedical Circuits and Systems 2016. Alexander C. Sun, A. G. Venkatesh, and Drew A. Hall, 

“A Multi-Technique Reconfigurable Electrochemical Biosensor: Enabling Personal Health 

Monitoring in Mobile Devices,” IEEE Transactions on Biomedical Circuits and Systems, vol. 10, 

no. 5, pp. 945–954, 2016. The dissertation author was the first author of this paper. 
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Chapter 4  

A Scalable High-Density Electrochemical Biosensor 

Array for Parallelized Point-of-Care Diagnostics  

 

 

4.1 Introduction 

Currently, several biomedical sensing applications would benefit from high-density 

biosensor arrays (e.g., proteomics, genomics, and peptide arrays), which consist of tens of 

thousands of individually addressable miniature sensors packed tightly together on a single 

substrate. This high number of sensors offers a feasible method to conduct many assays 

simultaneously, while the dense packing of sensors greatly reduces the reagent cost and sample 

size requirement. 

In proteomics, arrays are currently being used for drug discovery and biomarker selection, 

where a target analyte (protein or antigen) is applied to an array functionalized with thousands of 

different peptide variations in order to characterize the analyte through mapping its binding affinity 

to a wide range of peptides. High density arrays are suitable for this application due to the 
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enormous number peptides that can be used to map the analyte, since, unlike DNA which has 4-

base pairs, peptides are created from a library of 20-amino acids. In neuroengineering, high density 

electrochemical arrays can be used to spatially map the release of neurotransmitters in the brain 

with high resolution, potentially down to individual neurons. Finally, immunosignaturing, a novel 

and promising diagnostic technique currently under development, uses high density arrays to map 

a patient’s immune response profile (antibodies found in a blood sample) to detect disease, rather 

than directly detecting the antigen itself [78]. Unlike directed tests, this technique allows for early 

diagnosis and is disease agnostic since prior knowledge or hypothesis of what the disease could be 

is not needed. 

Most of these applications, however, use optical detection methods with a fluorescent 

enzyme label. This transduction technique requires a high-resolution imager, which tends to be too 

bulky and impractical for point-of-care (PoC) devices meant to handle measurements in remote 

areas outside of centralized laboratories. To solve this problem, in this paper, we describe the 

design and validation of a portable and aggressively scalable high-density array biosensor (Figure 

4.1) that uses electrochemical detection instead of optical, enabling powerful, yet cost-effective 

point-of-care diagnostic tools. 

Electrochemical detection is often used in order to improve the size, cost, and scalability 

of PoC biosensors. As seen in the past decade, there have been many novel developments in 

miniaturization of electrochemical biosensors thereby allowing the sensing surface to be fabricated 

directly on top of the integrated readout circuitry [79–82]. However, these implementations require 

a full potentiostat with a very sensitive transimpedance amplifier (TIA) or current conveyor to 

measure the signal from the sensors. 
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The proposed design aims to significantly reduce the complexity and size of the circuitry 

by leveraging a little studied electrochemical detection method known as coulostatic discharge. 

The transduced signal from this technique is a transient voltage, instead of a current, thereby 

greatly decreasing the area and power consumption of the readout circuity for each sensor. Hence, 

this technique coupled with electrochemical amplification from interdigitated electrodes (IDEs) 

and efficient utilization of the inherent double layer capacitance allows one to pack all the sensors 

and circuitry densely enough for these high-density array applications. 

 

 

Figure 4.1. a) Drawing of the proposed high-density biosensor array chip, b) interdigitated 

electrodes with circuitry for c) tens of thousands of diagnostic tests on a single sample. 

 

4.2 Electrochemical Detection Method 

4.2.1 Mult-Biomarker Assay 

While some applications do not require sensor functionalization, such as in 

neurotransmitter detection, many do operate as affinity assays by functionalizing the surface of the 

sensor with detection molecules that capture a target antigen. Typically the assay is conducted as 
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in Figure 4.2 where an enzymatic label is used that produces a redox active molecule when an 

antigen has been captured that is then transduced by the electrodes. Due to the goal of 

miniaturization and high number of sensors, both spotting and in-situ peptide printing are being 

explored as the current functionalization method, the latter having shown promise in previous 

optical peptide microarrays [78,83].  

 

 

Figure 4.2. Steps for proposed sandwich assay: a) Detection peptides are printed on the surface, 

b) analyte solution is applied, c) the secondary antibody with the enzyme is introduced, d) and a 

substrate is added and reacts with the enzyme to produce a redox active pair of molecules 

generating an electrical signal. 

 

4.2.2 Coulostatic Discharge Technique Theory 

The coulostatic discharge technique was first described independently by Delahay and 

Reinmuth as an electrochemical method to study fast electrode processes, and, while not widely 

studied, has been verified as a highly sensitive biosensing technique [84–86].  As seen in Fig.3a, 

instead of applying a continuous potential signal to an electrochemical sensor and measuring the 

generated current response, as is the case with often used amperometric techniques, a potential is 

applied only briefly in the coulostatic discharge method, enough to allow a build-up of charge to 

form at the interface between the electrode and the ionic solution, often referred to as the double 

layer capacitance. The source supplying the potential to the electrode is then disconnected. The 
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discharging of the double layer capacitance, along with any other capacitance at this measurement 

node, decreases the voltage of the electrode at a rate that is related to the concentration and 

reactivity of the redox probe present. The simple fact that this method outputs a fairly large voltage 

signal (~hundreds of millivolts) over time rather than a small current signal that can fall to 

femtoampere levels typical of microelectrodes, makes the readout circuitry much simpler, entirely 

obviating the need for a full potentiostat. 

To enhance the magnitude of this signal from these microelectrodes, an electrochemical 

amplification method known as redox cycling is used. With a reversible redox pair (two molecules 

that oxidize and reduce back into each other) and closely spaced interdigitated electrodes biased 

at the reduction and oxidation potentials respectively, the redox molecules shuttle electrons 

between the electrodes producing an amplified signal as shown in Figure 4.3b. 

To explain the relationship between the concentration of the redox species and the 

discharge rate, the electrochemical process that generates the current between IDEs can be derived 

as follows. Equation (4.1) describes the relationship between the voltage E(t) on one of the IDEs 

and corresponding current I(t) generated at the electrode [86,87]: 

𝐸(𝑡) = 𝐸0 +
𝑅𝑇

𝑛𝐹
ln (

𝐼(𝑡)

𝐼𝑙𝑖𝑚+𝐼(𝑡)
)   () 

where 𝐸0 is the standard potential of the redox pair, R is gas constant, T is temperature, n 

is the number of electrons transferred in each in each redox event, F is Faraday’s constant, and 

𝐼𝑙𝑖𝑚 is the steady state current before the disconnection occurs. 𝐼𝑙𝑖𝑚 is linearly dependent on the 

initial concentration of the redox molecule and, hence, is the signal that we are trying to measure. 

The discharging of the double layer capacitance can be written as: 

𝐼(𝑡) =  −𝐶𝑑𝑙  
𝑑𝐸(𝑡)

𝑑𝑡
   (4.2) 
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where 𝐶𝑑𝑙 is the double-layer capacitance created by the formation of layers of ions on the 

surface of the electrode. An extra calibration constant was added to the resultant differential 

equation in order to set the equilibrium potential equal to the potential of WE2. Unlike in previous 

work, where an external capacitor is added to the voltage measurement node, only the capacitor 

inherent to the electrochemical sensor, which is the double-layer capacitance, and parasitic 

capacitance are used here [10]. By not adding an extra capacitor for each sensor, a significant 

amount of area is conserved, especially when considering an integrated solution. However, this 

double-layer capacitor does have a slight dependence on bias voltage. By running electrochemical 

impedance spectroscopy with our own fabricated electrode array chip, discussed in a following 

section, and sweeping the bias voltage, it is revealed that this capacitance (1-2 nF) does not vary 

significantly in the 0-0.3 V range. 

 

 
Figure 4.3. a) Simple circuit diagram for Coulostatic Discharge and b) redox cycling with 

IDEs. 

 

4.2.3 Simulation 

Solving Equation (4.1) and (4.2) results in a differential equation relating the voltage and 

equilibrium current. We solved the resultant differential equation using the “ode45” function in 

MATLAB. This allowed us to simulate predicted IDE potential discharge curves over time. The 
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simulation parameters can then be scaled to predict the discharge curves of IDEs in a high-density 

array. If coupled with a diffusion analysis of the redox molecules, we can maximize SNR of the 

discharge curves by optimizing sensor placement and geometry. 

 

4.3 Design of Test Platform 

As a proof of concept to gather experimental data that can be extrapolated for future larger 

designs, we have designed and built a custom multichannel bi-potentiostat that is capable of 

running most common electrochemical techniques, in addition to the discharge technique. This 

design is implemented with discrete components on a printed circuit board (PCB) and interfaces 

with a custom fabricated 4×4 microelectrode array.  

 

4.3.1 Coulostatic Discharge Bi-Potentiostat 

The design, as shown in Figure 4.4, consists of a feedback loop used to set the solution 

potential, a transimpedance amplifier on each side of the electrode, and an ultra-low input bias (60 

fA max) buffer used to measure the discharge voltage with a bandwidth of 10 kHz. This 

implementation can measure voltages between ±100 μV to ±1.8 V (~90 dB dynamic range), which 

is the relevant range for most electrochemical techniques, and the potentiostat can source up to 30 

mA to the cell. The circuit operates in the following fashion: 1) Initially, the switch is closed and 

the sensor is charged up to VWE2-VWE1. 2) After the electrochemical sensor is charged up, the switch 

is opened and the voltage at the output of the low-leakage buffer, VDIS, is monitored. This 

architecture was chosen because the charging currents and discharging current of WE2 can be 

recorded, which is useful for debugging, but can be implemented in a much more straightforward 

fashion once the system is well understood. Since discrete electronic switches tend to have 



51 

 

unacceptable leakage currents in the (~100 pA), we opted to use a mechanical relay instead. While 

this is impossible to do in standard CMOS, once the move is made to the integrated circuit version, 

we will have much more control over adjusting the switch leakage and can use various methods to 

reduce this unwanted current. Using a Keithley Source Meter, the leakage at this node (ILeakage in 

Figure 4.4) was measured to be lower than 100 fA at a 1 V bias, limited only by the measurement 

equipment. All other measurements were gathered with a National Instruments data acquisition 

card and MATLAB script. 

 

 
Figure 4.4. Test platform schematic with socket that holds array test chips. 

 

4.3.2 16-Channel Low-Leakage Multiplexor 

For the same reasoning as the discharge switch, multiple relays were used to implement 

the multiplexor that attaches each of the 16 pairs of electrodes to the discharge measurement 

circuitry. Hence, the entire array can be automatically iterated through running different tests on 

the same solution. The 4×4 test chip directly connects to the PCB via a custom designed socket 
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and solution can be directly pipetted onto the surface of the sensor through a hole in the PCB 

(Figure 4.5c). 

 

 
Figure 4.5. a) Microscope image of the 4×4 electrode array, b) image of a single sensor, and c) 

PCB which houses the low leakage multiplexor network. 

 

4.4 Redox Molecule Characterization Tests 

 

4.4.1 Materials and Procedures 

In order to use the test platform to demonstrate coulostatic discharge for an array of sensors, 

4×4 electrode arrays were fabricated. Each sensor is 200 µm in diameter with 5 µm spacing 

between the electrodes. The sensor was patterned using electron beam lithography and etched 

using Argon ion milling on a silicon wafer sputtered with 100 nm gold using Chromium for the 

adhesion layer. The sensors were then connected to contact pads by sputtering 150 nm gold to a 

patterned photoresist and lifted-off. The counter electrode was fabricated by lift-off after sputtering 

200 nm platinum on a patterned photoresist. Finally, a 250 nm silicon dioxide passivation layer 

was deposited on top of the chip to prevent unwanted interaction of contact lines with the bulk 

solution during electrochemical experiments. An external silver wire electrode was dipped into the 

well surrounding the chip to function as a pseudo-reference electrode. While the voltage of such 

an electrode is more dependent on the composition of the test solution, it is still able to maintain a 

constant potential and does not require chlorination thereby making future on-chip reference 



53 

 

electrodes simpler to fabricate. A solution consisting of an equal mixture of potassium ferro/ferri-

cyanide (K4[Fe(CN)6]) /(K3[Fe(CN)6]) from Spectrum (P1286, P1296) in a phosphate buffer 

solution (PBS) in different dilutions was used to measure discharge curves and verify the 

functionality of the sensor array. 20 μL of each dilution was pipetted directly on top of the sensor 

array mounted on the test platform and then coulostatic discharge measurements were taken for 

each of the 16 electrode pairs. The hold time (before opening the switch) and the release time (after 

opening) were 2 and 8 seconds, respectively. WE1 and WE2 were biased at the reduction and 

oxidation potential of the redox molecule to promote redox cycling, which for this test was 0.2 V 

and 0.1 V, respectively. 

4.4.2 Results 

The complete response for each sensor for the different concentrations of the redox 

molecule is shown in Figure 4.6. Each 4×4 box represents the sensor chip at a different 

concentration and shows good uniformity of the signal response between the different electrodes. 

Figure 4.7a also shows that the measured discharge curves from a single sensor match well with 

the simulated curves for different concentrations. However, the measured data appears to have a 

slightly faster discharge rate than the simulated data. This discrepancy is most likely from leakage 

currents at the interface between the chip and PCB board that is discharging the buffer solution. 

More investigation will be done in the future to determine the exact origin and minimize this effect. 

A calibration curve (Figure 4.7b) is generated from the extracted initial slope (t = 40 ms) of both 

the simulated and measured data. As expected from Eq.1-2, the higher the concentration the steeper 

this slope and both the simulated and average measured values match well. 

 



54 

 

 
Figure 4.6. Heat map of measured data from the entire 16-sensor array with different redox 

molecule concentrations applied. 

 

 
Figure 4.7. a) Measured (solid lines) and simulated (dashed lines) discharge curves for various 

concentrations of ferro/ferri-cyanide for a single electrode. b) Averaged discharge rates. 

 

4.5 Conclusions 

With this test platform and sensor chips, we have demonstrated a small scale version of a 

proposed design for minimizing size and complexity of high density sensor arrays. With this 
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preliminary data, along with further larger scale simulations, we hope to achieve an integrated 

solution with sensors implanted directly on top achieving roughly >10,000 active sensing areas on 

a 5×5 mm chip.  

Chapter 4, in full, is a reprint of the material as it appears in IEEE Biomedical Circuits and 

Systems Conference 2015. Alexander C Sun, Anthony Au, A. G. Venkatesh, Vikash Gilja, and 

Drew A. Hall, “A scalable high-density electrochemical biosensor array for parallelized point-of-

care diagnostics,” in 2015 IEEE Biomedical Circuits and Systems Conference (BioCAS), 2015, 

pp. 1–4. The dissertation author was the first author of this paper. 
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Chapter 5  

High-Density Redox Amplified Coulostatic  

Discharge-Based Biosensor Array 

 

 

5.1 Introduction 

Numerous biomedical applications rely on high-density biosensor arrays, which consist of 

thousands of individually addressable miniature sensors on a single substrate. One interesting 

application is the simultaneous detection of a wide range of humoral antibodies either for checking 

the immune system for the presence of antibodies created in the body post-vaccination, i.e., 

vaccination screening, or scanning the complete antibody profile for signs of illness as is the case 

in immunosignaturing (IMS) [88–90]. For the former, a single device capable of measuring 

multiple analytes would make rapid and comprehensive verification of immunization possible. For 

the latter, rather than directly sensing the disease antigen(s), IMS measures the immune system’s 

response to the disease, i.e., the patient’s antibody profile, which is amplified rapidly by white 

blood cells to several orders of magnitude higher concentration than the antigen itself. This shift 
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in focus towards monitoring a set of antibodies not only leads to accurate and early diagnosis, but 

also allows for the tracking of disease progression [91]. For example, the antibody profile of an 

individual infected with rhinovirus for the first time is vastly different than the profile during all 

subsequent infections of the same virus. This occurs because during the initial infection the body 

has yet to determine the appropriate antibody to target the virus, for which it produces a wide 

variety of combinations. 

To enable these technologies, instead of running several targeted tests for all the possible 

antibodies, which would require impractical amounts of time, reagents, and biological samples, a 

single unguided assay can be run. As illustrated in Figure 5.1(a), this single assay can be performed 

by using an array of densely packed sensors, which are functionalized to detect a large set of 

antibodies in an individual.  

Current high-density array technologies use optical detection (i.e., fluorescent dyes 

attached to the analyte) thus requiring complex microarray imaging equipment that is too bulky 

and impractical for point-of-care (PoC) applications where measurements are made in remote areas 

away from the resources of centralized labs. While electrochemical detection is known to improve 

the size and scalability of biosensors [9], most implementations still require a potentiostat with an 

extremely sensitive transimpedance amplifier (TIA) to measure the minute signals associated with 

microelectrodes, and such designs typically only scale to a ~100×100 µm2 pixel area [92–105]. 

For higher-density implementations, many potentiostat-based arrays either have specially-

fabricated sensors to increase sensitivity (i.e., amplify the signal) [96,106–108] or implement parts 

of the measurement circuitry outside of the array to decrease the pixel size [94,95]. Nonetheless, 

neither approach addresses the fundamental difficulty of measuring small currents with decreased 

sensor size. 
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In this paper, extended from [109], the design and validation of an integrated high-density 

biosensor array for vaccination screening, that also enables PoC IMS, is presented. It leverages an 

alternative and little-used electrochemical detection method, coulostatic discharge [84,85,109–

111], to significantly reduce the complexity and size of the readout circuitry. Figure 5.1(a) shows 

an illustration of the array functionalized with different capture proteins to simultaneously detect 

multiple disease biomarkers. Each biopixel transduces capture events into an electrical signal, 

Isig(t), whose magnitude is related to the biomarker concentration. Unlike chronoamperometry, 

where this current is measured directly, the current is used to discharge the sensor’s innate double 

layer capacitance (Figure 5.1b), translating the measurement to changes in vout(t). This technique 

effectively transforms a miniature current measurement to a much simpler voltage-over-time 

measurement. As the sensor’s intrinsic capacitance is on the order of tens of pF and Isig(t) is ~1 

pA/µM, the discharge rate of vout(t) is on the order of 1 V/s/µM, which greatly relaxes and 

simplifies the readout circuitry requirements. Hence, this technique along with electrochemical 

amplification from interdigitated electrodes (IDEs) allows for all the sensors and circuitry to be 

packed densely enough for high-density array applications using only the features available in a 

standard CMOS processes. 

The remainder of the paper is organized as follows: Section II describes the coulostatic 

discharge sensing principle, and Section III discusses the design of the biopixel circuitry. Sections 

IV and V present characterization and biological measurement results, respectively. Comparisons 

are made in Section VI, and conclusions are drawn in Section VII. 
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Figure 5.1. (a) Illustration of a high-density array of electrodes functionalized with multiple 

capture probes for detecting biomarkers. (b) Coulostatic discharge readout technique used to 

convert a current into a voltage using the inherent electrochemical capacitance of the sensor. 

 

5.2 Sensing Principle 

Coulostatic discharge is an electrochemical technique developed independently by both 

Reinmuth and Delahay in 1962 that uses the inherent double-layer capacitance between an 

electrode and an electrolytic solution to convert the signal current to a voltage that changes slowly 

over time [84,85]. Specifically, the measurement is performed by charging up this capacitance to 

a particular voltage and then letting it discharge through the electrochemical cell. To use this 

method for biomarker detection, the surface of the electrodes must be coated with capture 
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molecules that give the sensor specificity (i.e., the ability to distinguish a specific molecule from 

others). 

The assay steps used in this work are as follows: 1) Each biopixel is functionalized by 

immobilizing capture proteins on the gold-plated sensor using a standard method of dropcasting 

an excess amount of proteins to saturate the surface completely. The sensor’s surface is known as 

the working electrode (WE), which is where the biochemical detection occurs that is subsequently 

transduced into an electrical signal (Figure 5.2a-i). A single sensor contains two WEs separated by 

an insulating material (e.g., oxide in an IC). Each type of capture protein binds to a specific target 

antibody due to the binding affinity of the antibody-antigen complex. 2) The biological sample is 

added to the sensors and incubated so that any antibody biomarkers present in the sample bind to 

their specific capture protein (Figure 5.2a-ii). After washing to remove any unbound molecules, a 

secondary antibody that binds to the bound antibodies is added to the array, effectively 

sandwiching the biomarkers (Figure 5.2a-iii). This secondary antibody is conjugated with an 

enzyme, alkaline phosphatase (ALP), that reacts with a p-aminophenyl phosphate (pAPP) 

substrate, thus generating a by-product redox molecule, p-aminphenyl (pAP), that is detected by 

the biopixel (Figure 5.2a-iv). Detection occurs when pAP approaches a WE biased at a specific 

voltage, known as the oxidation potential, and reacts to form quinonimine (QI) by transferring 

electrons to the WE. QI, in turn, reacts at the second working electrode biased at the reduction 

potential converting back into pAP by receiving electrons. Thus, this shuttling of electrons creates 

a current proportional to the concentration of the biomarker in the sample. An important distinction 

to make here is that actual full-scale IMS relies on in-situ printing a large number of randomly-

generated peptides onto the array sensors [89,112–114]. To use this array for IMS technology, 

peptides would be used in place of proteins to detect the antibody profile [115]. The underlying 
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sensing mechanism is the same for both cases, so successful operation of the protein-based assay 

implies that the array can be used for IMS. 

The resulting signal would typically be measured directly using standard amperometric 

techniques and current-based readout circuitry (e.g., as is done in a glucometer). However, in 

coulostatic discharge, a potential is applied to the electrode only briefly allowing a build-up of 

charge on the sensor’s intrinsic capacitance, Cdl. This capacitance, known as double layer 

capacitance, is formed from the layers of ions and charged molecules that assemble at the interface 

between the electrode and ionic solution, and exists between the electrode and the bulk solution 

(Figure 5.2b). After the source supplying the potential to the electrode is disconnected, Cdl is 

discharged through the electrochemical cell by the current generated due to the redox reactions, 

thus slowly decreasing the voltage of the electrode at a rate related to the biomarker concentration.  

As implied by Figure 5.2(b), near the beginning of the discharge phase the sensor behaves 

as an RC circuit, where the capacitance is Cdl and the resistance is determined by the initial redox 

current, which is related to the concentration of the redox molecules. Hence, the discharge rate can 

be written as 

𝑑𝑣out(𝑡)

𝑑𝑡
=

𝐼sig(𝑡)

𝐶dl
,  (5.1) 

where Isig(t) is the current generated after opening the switch. In practice, the discharge 

curve is nonlinear due to the voltage dependence of both Isig(t) and Cdl. As described by the Nernst-

Planck equation [49], Isig(t) depends on the concentration gradient of the redox molecules around 

the electrode: 

𝐼sig(𝑡) =
𝑛𝐹𝐴𝐷o𝐶ox(𝑡)

𝛿
,  (5.2) 

where n is the number of electrons transferred per reaction, F is the Faraday constant, A is 

the area of the electrode, Do is the diffusion coefficient of the redox molecule, Cox(t) is the 
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concentration of the redox molecule at the electrode surface, and δ is the width of the diffusion 

layer, which, for microelectrodes, is simply the distance between electrode fingers. Also, the 

Nernst equation links the voltage of an electrode, i.e., WE1 in Figure 5.2, to the concentration of 

redox molecules at its surface as follows 

𝑉WE(𝑡) = 𝐸0 +
𝑅𝑇

𝑛𝐹
ln (

𝐶ox(𝑡)

𝐶ox,lim−𝐶ox(𝑡)
),  (5.3) 

where E0 is the standard potential of the redox species, R is the universal gas constant, T is 

the absolute temperature, and Cox,lim is the total concentration of the oxidant and reductant at the 

electrode surface [86]. Furthermore, the capacitance Cdl is also a function of the electrode voltage. 

Specifically, Cdl is given by 

𝐶dl(𝑡) =
𝜀0𝜀r

𝜆D
cosh (

𝑞𝑉WE

2𝑘𝑇
), (5.4) 

where ε0εr is the dielectric constant, λD is the Debye length, which is a measure of how far 

the electric field extends into the solution, kT/q is the thermal voltage, and VWE is the potential of 

the electrode [49]. Note that the presence of Cdl, which is on the order of 10 pF - 1 nF, obviates 

the need for an explicit capacitor in each biopixel. This capacitance is also at least one order of 

magnitude larger than the capacitance formed by the metal electrodes alone, so it dominates the 

sensor capacitance. 
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Figure 5.2. (a) Steps of the antibody detection assay and (b) coulostatic discharge measurement 

circuit with equivalent sensor model. 

 

Figure 5.3(a) shows simulated discharge curves obtained using (2)-(4) and known redox 

coefficients. Due to the nonlinear nature of these curves, the optimum range at which to sample 

the voltage signal is not obvious. To examine the tradeoffs of different sampling times, a noise 

model of the biopixel including the buffer and sensor’s equivalent noise contributions, ib,n(t) and 

ie,n(t), is shown in Figure 5.3(b), where the noise only affects the measurement after the switch is 

open. As the measurements are taken by subtracting two samples of the buffer’s output taken at 

different times (i.e., right after the switch opens and after a certain amount of time), thus 
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implementing correlated double sampling [116], the buffer in this model is connected only to the 

sensor. Also, charge injection is cancelled by measuring this difference. 

As described above, Isig(t) integrates onto Cdl, thus creating the characteristic discharge 

curves illustrated in Figure 5.3(a). The sensor’s impedance is modelled as Cdl in parallel with the 

charge transfer resistance, Rct, which is a measure of how readily the sensor surface reacts with the 

redox molecules. It follows from Figure 5.3(b) and the previous discussion that the voltage noise 

power can be computed as 

𝜎(𝜏)2 = ∫ |
𝑅ct

1+𝑗2𝜋𝑓𝐶dl𝑅ct
|

2

(𝑆e,n(𝑓) + 𝑆b,n(𝑓))
∞

1/𝜏
𝑑𝑓,  (5.5) 

where τ is the time at which the buffer output is measured, Se,n(f) and Sb,n(f) are the one-

sided power spectral densities (PSDs) of the noise current signals of the sensor and buffer, 

respectively, and Cdl is assumed to be constant. The noise contributed by the sensor is highly 

dependent on several biological and chemical factors. Measurement results show that this noise 

source, which can be modeled as having a white component and a 1/f component, is considerably 

more dominant than the noise contributed by the buffer, so the buffer design in this system is 

practically constrained only by the biopixel area. 

 As shown in Figure 5.3(c), for large values of τ the signal component in vout(τ) 

increases, but the noise variance also increases due to both the white and 1/f components of Se,n(f). 

In contrast, for small values of τ the signal component in vout(τ) decreases, but the 1/f noise barely 

affects the measurement. Therefore, a range of suitable sampling times as well as an optimal point 

that maximizes the signal-to-noise ratio (SNR) can be found. Using estimated values for Rct and 

Cdl, as well as measured noise PSDs for the buffer and sensor, the noise variance for different 

values of τ between 10 ms and 100 s was computed. The computed SNR for a 100 nM 
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concentration for different scenarios is shown in Figure 5.3(d). As it can be seen from the figure, 

the SNR is maximized at τ ≅ 1.2 s. 

Figure 5.3(e) shows that the same trend exists across various concentrations. Depending 

on the desired resolution, concentration range, and targeted measurement speed, the sampling time, 

τ, can be reduced. For instance, in applications such as IMS, where coarse or even binary detection 

is sufficient, a smaller sampling time can be chosen to decrease the time required to scan an entire 

array. Also, by relating the noise level back to current using Cdl and the sampling time, a current 

of ~600 fA is expected at τ ≅ 1 s, so the switch should have a leakage smaller than this value. 
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Figure 5.3. (a) Simulated discharge curves, (b) noise circuit model of pixel, (c) illustration of 

sampling time tradeoffs, (d) SNR at different sampling times with various noise sources included 

at a concentration of 100 nM, and (e) SNR in a range of concentrations at various τ. 

 

5.3 System Design 

5.3.1 Architecture 

Figure 5.4 shows a block diagram of the implemented biosensor array, where VWE1 and 

VWE2 are the input voltages applied to the working electrodes WE1 and WE2, respectively, v1, v2, 
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…, v64 are the array outputs, and the readout circuit below each biopixel comprises a unity-gain 

buffer and a low-leakage switch controlled by the digital signals r and re. As each vi output is 

shared among the 64 pixels from its respective column, a 6-bit decoder with outputs d1, d2, …, d64 

is used to select the row of the array whose buffer outputs are connected to the array outputs. Given 

that all the buffers in a column are connected to the same output, the higher the biopixel is in the 

array, the longer the routing to the output pad is, so the signal sees a different delay to the output 

depending on the position of the biopixel. However, due to the slow-varying nature of the 

coulostatic discharge technique, these delays negligibly affect the measurements and are accounted 

for in the settling time. Nonetheless, in larger arrays, where the number of biopixels might force 

the use of smaller sampling times, this issue might need to be addressed. In such cases, this problem 

could be circumvented by dividing the array into subsections with separate outputs, so that the 

biopixel-to-output-pad paths are more uniform across the array.  

The working electrode WE2 is shared by all the pixels within the array, and it is always 

connected to VWE2. In contrast, each biopixel has its own WE1, and VWE1 is applied to this electrode 

only when the low-leakage switch is closed. Not shown in the figure are the counter electrode, 

implemented as a wide gold-plated strip across the center of the array, and the reference electrode, 

an external Ag/AgCl wire. Together, these electrodes, controlled by off-chip circuitry for 

flexibility, set the potential of the solution and provide a common reference voltage for the WEs.  

A bias current is generated by a constant-gm reference located at the corner of the array and 

an off-chip resistor. This current is copied to 16 current mirrors at the top of the array, and each 

distributes this current down the columns to 16 local bias-voltage generators along the length of 

the chip. Each one of these bias-voltage generators (256 in total), biases the buffers of a 4×4 

quadrant of biopixels to reduce area overhead. 
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To assess the performance of the low-leakage switch, test pixels were implemented on the 

right side of the array with a dedicated output, vtest. Each one of such pixels is almost identical to 

an array’s biopixel, but instead of having an IDE connected to the input of its buffer, it has a MIM 

capacitor of 100 fF, 1 pF or 10 pF size with its other terminal connected to ground. Instead of a 

low-leakage switch, some of these test pixels have a standard switch consisting of a PMOS 

transistor with its body tied to the supply voltage. 
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Figure 5.4. Simplified block diagram of the chip. 

 

 

5.3.2 Sensor Design 

Since IMS arrays of 330,000 pixels have been shown to be able to diagnosis multiple 

illnesses reliably, the eventual target number of sensors for a future full-sized electrochemical IMS 

array is on the order of 100,000. Therefore, assuming the array is fabricated using the full reticle 

size and that 10% is used for control and output circuitry overhead, the maximum size for each 

pixel would be ~100×100 µm2. Specifically, an area of 42×42 µm2 per sensor would allow for an 
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array of exactly 330,000 pixels. Guided by this analysis, the electrode geometries were designed 

using similar pixel areas and constrained by the minimum width and spacing rules of the process. 

The microelectrode sensors were fabricated using the top metal layer. Each biopixel 

consists of two interdigitated electrodes designed to amplify the signal using an electrochemical 

amplification technique known as redox cycling. Redox cycling is the effect when a reversible 

redox pair repeatedly diffuses between two electrodes biased at different potentials, one at the 

reduction potential and the other at the oxidation potential of the pair, transferring electrons 

through redox reactions at the two electrodes. Hence, a single redox molecule can contribute 

multiple times to the overall current. The redox current signal, Irc, obtainable from a planar IDE is 

given by the following empirical equation: 

𝐼rc = 𝛼 (0.64 log (2.6 (1 + 
𝑊

𝐺
)) − 0.19

𝐺

𝑊+𝐺
)

2

, (5.6) 

where W and G are the finger width and the gap between fingers, respectively, and 

𝛼 =  𝑛𝑁𝐹𝐷o𝐶dl𝑏,  (5.7) 

where N is the number of fingers and b is length of the fingers [117–120]. It follows from 

(6) that for a given area, a smaller gap width and a larger number of fingers provide higher 

amplification. As shown in Figure 5.5, four different electrode designs were fabricated. Electrodes 

A.1 and A.2 have finger and gap widths of 5 µm and 5 µm, whereas electrodes B.1 and B.2 have 

finger and gap widths of 2 µm and 3 µm. In a standard phosphate buffered saline (PBS) buffer 

solution, the Cdl of these designs range from 24 to 180 pF. According to (6), the amplification 

factors of A.1, A.2, B.1 and B.2 are 2.25×, 5.27×, 4.93×, and 9.41×, respectively. Given that (6) is 

strictly applicable to two-dimensional IDE geometries, the estimated amplification factors are 

expected to underestimate the measured values. 
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Often, physical channels, trenches, and walls are fabricated directly on top of or around the 

sensor to increase the cycling efficiency, which is a measure of a sensor’s ability to keep the same 

redox molecules shuttling between the two electrodes without them diffusing away from the 

sensing area [106,107,117]. While these structures are all effective in increasing the amplification, 

they require complex and customized post-processing steps, thus making the fabrication more time 

consuming and expensive. To avoid these additional complex post-processing steps while still 

increasing the signal amplification, an alternative approach that is CMOS foundry compatible was 

taken. Specifically, the passivation layer directly above each sensor was removed to create 3D 

structures. By waiving design rule check errors meant to protect the bottom layers of the chip from 

over etching (the top metal is often used as an etch stop), structures that take advantage of the 

height of the electrodes were created. Given that the passivation was opened across the entire IDE, 

the etchant can carve down the gaps between the fingers. As shown in Figure 5.6(a), this allows 

for the formation of 3D trenches between the two electrodes that increase the collection efficiency 

by trapping the redox molecules and further amplifying the signal. Moreover, as seen in Figure 

5.6(b), due to the existence of walls left over by the removal of passivation between pixels, 

effective nanowells were created that isolate the sensors and contain the redox active molecules 

generated during the assay. 
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Figure 5.5. SEM images of the different IDE designs. Both the A and B designs (left and right) 

have the same finger width and spacing. 

 

 
Figure 5.6. SEM images of (a) chip cross section showing trenches between fingers and (b) 

nanowells surrounding each pixel. 

 

5.3.3 Biopixel Circuitry 

The details of the readout circuit beneath each biopixel are shown in Figure 5.7(a). It 

consists of a low-leakage switch and a unity-gain buffer. To save circuit area, the buffer is used 
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both to read out the voltage of the electrode, vn,m, and to assist the operation of the switch by driving 

the body of the right-most PMOS transistor when the switch is open. PMOS devices were chosen 

for the switch to allow for the low-leakage design to be used in any standard CMOS process where 

individual control of the NMOS body is not possible. The entire circuitry fits underneath the 45×45 

µm2 sensor using only three metal layers for routing and one metal layer for the electrodes. 

The buffer is implemented as a differential amplifier with a cascoded tail transistor. It has 

42.8 dB gain and a 26 kHz unity gain bandwidth product. Due to both the switch being PMOS and 

the voltages used to control the WEs, the input devices of the buffer were required to be NMOS. 

To minimize the 1/f noise contribution of the buffer, these transistors were made as large as 

possible given the limited area available. 

The low-leakage switch is driven by the digital signals reset, r, and reset-early, re. It 

comprises of four PMOS transistors with their bodies tied to VDD, illustrated as switches in Figure 

5.7(a), and a body-driven PMOS transistor, M1 [106,121]. To minimize the leakage current through 

M1 when the working electrode WE1 is discharging, both the node labeled as x and the body of M1 

are connected to the buffer output, so ideally the PN junctions of M1 see no voltage drop and thus 

have no leakage current. 

The low-leakage switch operation is illustrated in Figure 5.7(b). Three phases of operation 

are distinguished: (i) reset phase 1, (ii) reset phase 2, and (iii) release phase. During (i), M1 is on 

and the node labeled as y is charged to VWE1. During (ii), M1 is still on, but its body connection is 

switched from VDD to the buffer output. This is done before M1 is turned off to avoid any charge 

injection from M1’s channel to node y. Then, during (iii), M1 is turned off and node y starts 

discharging through the electrodes. Given that both the body of M1 and node x are being driven by 

the buffer during this phase, the voltage difference between the source, drain, and body terminals 
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of M1 are ideally zero, so that the leakage current is minimized. In practice, the buffer’s offset 

voltage causes a small voltage drop across the body of M1 and node y, but simulation and 

measurement results suggest that this is not a problem in practice. For the assay measurement tests, 

the frequency of the reset signals is set to 1 Hz with re leading r by 1 µs. When measuring the 

output of the buffer during the release phase, the first and final points are measured at 1 µs and τ 

after the switch opens. 
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Figure 5.7. (a) Biopixel readout circuit. (b) Ultra-low-leakage switch operation. The frequency 

of the reset signals is 1 Hz with reset early leading by 1 µs. 

 

5.4 Characterization Measurements 
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A 5×5 mm2 chip (Figure 5.8) was fabricated in a 1P4M 180 nm CMOS SOI process. The 

array contains 64×64 biopixels split into four quadrants, each with a different IDE design. Each 

unit biopixel is only 45×45 µm2.  

 

 
Figure 5.8. Chip photograph. 

 

5.4.1 Electrical Characterization 

The entire chip consumes a maximum of 95 mW (23 µW per biopixel) from a 2.5 V supply. 

The offset of the buffer averaged across the entire array was measured to be 1.78 ± 0.16 mV. The 

input-referred total integrated noise of the buffer is 33 µVrms (100 kHz bandwidth) with a 1/f noise 

corner of 120 Hz.  

To assess the performance of the low-leakage switch, discharge tests were run using the 

test pixels. There are two different types of test pixels: one with a standard PMOS switch and the 

other, which is identical to the one used in the array, with a body-driven switch (Figure 5.9a). 

Separate pixels of each type are attached to known MIM capacitors in place of the top metal 

electrodes. For each of these tests, up to 0.5 V was placed across the two working electrodes. Just 

as in a normal discharge test, the switch opens and charge begins to leak from the capacitor into 

the switch causing the voltage measured to decrease over time. The slope of the measured voltage 
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over time and the known capacitance size was then used to calculate the leakage current the test 

sensor experiences. The body-driven switch leakage was measured to be 13 aA, which is less than 

that of the standard PMOS switch with the body tied to VDD, which was 195 aA (Figure 5.9b). The 

body-driven switch had better performance across the entire voltage range. 

The results suggest that a standard switch could be used instead of a low-leakage switch in 

this application. This is the case because the array was designed in an SOI process. However, the 

biopixel topology is meant to be used in different processes, where standard switches might not 

perform as well. For instance, in a standard 180 nm process, according to simulations, the leakage 

current of a typical PMOS switch is ~1.3 pA, whereas that of the low-leakage switch is ~4 fA. 

 

 
Figure 5.9. (a) Test pixel schematics. (b) Average leakage measurement results from the test 

structures with 0.5 V applied across each (left) and the average leakage of all the test structures at 

different sensor voltages (n = 3). 
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5.4.2 Sensor Preparation 

 For electrochemical compatibility, an electroless nickel immersion gold (ENIG) plating 

process (MICRO, Stapleton Technologies Inc.) was used to plate the exposed top metal aluminum 

electrodes [93,98,122,123]. After a thorough cleaning of the surface with acid, akaline, and 

deoxygenation cleaners, the entire chip was put through a double zincate process to prepare the 

exposed aluminum electrodes for the subsequent electroless nickel and gold plating steps. The 

SEM images of each sensor after plating are shown in Figure 5.10(a). Typically, as with most on-

chip electrochemical sensors, it is desirable to maximize the thickness of both the nickel and gold 

layers in order to achieve reliable adhesion and uniform coverage. The combined thickness of these 

layers is usually around 3 µm. Since the electrodes in this work are interdigitated instead of a single 

pad of metal, the spacings and features of the IDEs are small enough that the plating can create 

unwanted shorts between the two working electrodes. Furthermore, even collections of small metal 

particles left over from the plating process can cause individual IDEs to have much lower 

resistances.  Hence, different plating times of both the nickel and gold steps were experimented 

with and evaluated by measuring the resistance between the two halves of the IDE (Figure 5.10b). 

A total plating time of ~5 minutes was found to be optimal due to its high resistance while still 

maintaining a robust and even coverage of gold across the array. 
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Figure 5.10. (a) SEM images of each sensor after gold plating colored to show texture. (b) 

Minimum resistance measured between the working electrodes with different gold plating times. 

Inset shows metal particles that can provide a low resistance path if plated for an extended period. 

 

5.4.3 Electrochemical Characterization 

To evaluate the performance of the sensors as well as the gold plating, a chip with bare 

gold electrodes was used to measure the redox molecule Ferro/Ferricyanide as a proxy for the 

actual assay. After cleaning the chip by sonicating in isopropyl alcohol, the chip was mounted in 

a socket designed to create a ~10 µL well over the sensors. External Ag/AgCl and Pt electrodes 

were dipped into this well to form the reference and counter electrodes. Next, coulostatic discharge 

was run using the in-pixel circuitry to measure the sensors in various concentrations of 

Ferri/Ferricyanide in both single working electrode, as seen in Figure 5.11(a), and dual working 

electrode modes to compare the same sensor with and without redox cycling. In single electrode 

mode, both sides of the IDE are shorted together, instead of biased independently, effectively 
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making them into a single electrode with combined area where no redox cycling can occur. In dual 

electrode mode, the IDE operates as intended with one electrode biased at 200 mV and the other 

at 0 mV relative to VCM, allowing for the shuttling of the redox molecules. Using these 

measurements, the amplification factor was determined by calculating the ratio of the signals 

between the dual and single electrode modes. As shown in Figure 5.11(b), the average 

amplification factors for each design are 5.33 ± 1.2×, 8.1 ± 1.5×, 6.06 ± 2.1×, and 10.5 ± 2.1×, 

respectively. These values are slightly larger than the theoretical values due to the 3D trench and 

nanowell structures. IDEs with the same gap and finger widths but greater number of fingers have 

higher amplification. Smaller gap size also increases the redox cycling, as expected. Furthermore, 

the large variation in amplification can be explained as either a result of un-even plating of gold in 

the trenches or variability in the formation of the trenches themselves. The latter seems more likely 

since the plating procedure is widely used while the etching between fingers is unconventional and 

not guaranteed by the foundry. 
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Figure 5.11. (a) Discharge measurements of combined working electrodes with various 

concentrations of Ferro/Ferricyanide. (b) Calculated and measured (n = 60) amplification factor 

using coulostatic discharge. 

 

5.5 Biological Measurement Results 

For the biological tests, only a portion of the array that has the same electrode design, A.2, 

was used to allow for a fair comparison between tests. To demonstrate a bioassay, 2 μg (66 pmol) 

of Rubella virus capsid protein (ab74574, Abcam) in PBS was dropcast on the surface of the gold 

sensor array using 20 μg of Traut’s Reagent (26101, ThermoFischer Pierce) and blocked with 1% 

bovine serum albumin (37525, ThermoFischer Scientific). Mouse anti-Rubella antibodies 

(ab34749, Abcam) were subsequently added and incubated for one hour. For the secondary 

antibody, 1 μg of rabbit anti-mouse secondary antibodies linked with ALP (ab6729, Abcam) was 

used. Lastly, 6 mM pAPP substrate (sc-281392, Santa Cruz Biotechnology) in a 0.1 M glycine 
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buffer pH 8.4 was added and allowed to incubate for ten minutes. The ALP enzyme reacts with 

the pAPP substrate producing AP, an electrochemically active molecule that shuttles electrons 

between the two fingers of the sensor. Fig.12(a) shows measurement results for both CV, measured 

with a 25 mV/s scan rate from -0.2 V to 0.3 V for 3 cycles, and coulostatic discharge. Both 

successfully detect the presence of anti-Rubella antibodies. The experiment was then repeated for 

anti-Rubella spiked into human serum (HS-20, Omega Scientific, Inc.). Figure 5.12(b) shows the 

average discharge rates for serum with and without the antibody. 

Next, a multi-biomarker assay meant to simultaneously detect both anti-Rubella and anti-

Mumps (ab9880, Abcam) antibodies was performed using the array. The same portion of the array 

used for the previous Rubella-only test was split into two, with each part functionalized with either 

Rubella or Mumps protein (ab74560, Abcam). Four different chips were used for this experiment, 

all functionalized exactly as described above. Each chip was given a different test sample of serum 

spiked with 1.3 µM Rubella antibodies, 2.3 µM Mumps antibodies, both, or neither. As seen in 

Figure 5.12(c), the parts of the array that are exposed to their corresponding antibody show a higher 

slope than those that are not. Although there exists a large chip-to-chip variation, likely due to 

disparity in functionalization or test conditions between the different chips, the array can still 

distinguish between each of these different samples to detect the presence of either biomarker, 

thereby demonstrating its capability to monitor vaccinations.  
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Figure 5.12. (a) CV and discharge curves for a single electrode compared with a control. (b) 

Average discharge rate for positive and negative detection of anti-Rubella antibody (n = 30). (c) 

Discharge rates for multi-antibody detection of both anti-Rubella and anti-Mumps antibodies (n = 

8). 

 

5.6 Comparison 

Table 5.1 compares this work to other integrated electrochemical biosensor arrays, and 

Figure 5.13 plots their pixel areas and number of devices per pixel with different markers to signify 

those that have special post-processing and/or have measurement circuitry external to the array. 

Due to redox cycling, this work achieves a relatively small pixel area and high sensor density (400 

pixels/mm2) without any complex post-processing, which others need to increase sensitivity. 

While augmenting sensors with additional structures and materials is effective, it requires complex 

fabrication steps that are much more difficult and expensive to produce and scale than an array 

built purely with a standard CMOS process. To the best of our knowledge, this work is the highest 
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density amperometric biosensor array that does not require additional post-processing steps. 

Furthermore, coulostatic discharge greatly decreases the number of devices required in the 

measurement circuitry (~12) allowing for all the circuit to reside completely within the area of a 

pixel. In fact, the two arrays based on coulostatic discharge have the lowest number of devices that 

fit completely within a pixel. Hence, rather than occupying a considerable amount of area with 

circuit blocks external to the array, this work makes efficient use of the chip area as illustrated by 

the total density calculation in Table 5.1. 

 

 
Figure 5.13. Plot comparing the pixel areas and number of devices per pixel of high-density 

electrode arrays summarized in the table. 
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Table 5.1. Comparison with state-of-the-art integrated electrochemical biosensor arrays 
 

HASSIBI 
[6] 

MANICKAM 
[7] 

KIM 
[8] 

ROTHE 
[9] 

HALL 
[20] 

NASRI 
[10] 

THIS 

WORK 

Technology (µm) 0.18 0.35 0.5 0.35 0.032 0.065 0.18 

Num. Pixels 50 100 100 1,024 8,192 4 4,096 

Sensor Density [#/mm2] 52.1 69.4 1,046 100 50,000 22.2 400 

Total Density [#/mm2] 11.90 25.00 11.11 28.44 327.68 0.44 163.84 

Electrode Area [µm2] 3,600 1,600 225 491 1 5,000 2,025 

Pixel Area [µm2] 19,200 10,000 745 10,000 20 45,000 2,500 

Devices Per Pixel 301 34 >9* 21** 3 37 12 

Complex Post-Processing? NO NO YES YES YES YES NO 

Dual Electrode? YES NO NO NO YES NO YES 

Technique MULT. EIS CA AMP. CD FSCV CD 
MULT – multiple techniques, EIS – Electrochemical Impedance Spectroscopy, CA – Chronoamperometry, Amp. – Amperometry, CD – Coulostatic discharge, FSCV – Fast scan cyclic 

voltammetry 

* Part of the measurement circuitry is located outside of the pixel and a 50 fF capacitor and buffer circuit were not included in the device count. 

** All the measurement circuitry is located outside of the pixel. This is a per row device number. 

 

5.7 Conclusion 

This paper presents a scalable coulostatic discharge-based high-density biosensor array 

designed to miniaturize multiple antibody measurement technology. Using coulostatic discharge 

rather than standard amperometry, the measurement circuitry in each biopixel is simplified to just 

a low-leakage switch and output buffer, thereby minimizing the overall density and area of the 

array. Furthermore, by optimizing on-chip IDE geometries and waiving fabrication design rules to 

create 3D structures, a signal amplification of ~10× was achieved without any complex, costly, 

and time-consuming post-processing of the sensors. Using this array, Rubella antibody was 

detected in human serum and simultaneous measurements of both Rubella and Mumps antibodies 

were possible on the same chip. These tests demonstrate this array’s promise for use in full-scale 

IMS technology for rapid and accurate point-of-care screening and diagnosis. 

Chapter 5, in full, is a reprint of the material as it appears in IEEE Journal of Solid-State 

Circuits 2018. Alexander C. Sun, Enrique Alvarez-Fontecilla, A. G. Venkatesh, Eliah Aronoff-

Spencer, and Drew A. Hall, “High-Density Redox Amplified Coulostatic Discharge-Based 

Biosensor Array,” IEEE Journal of Solid-State Circuits, pp. 1–11, 2018. The dissertation author 

was the first author of this paper. 
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Chapter 6  

Summary 

 

 

6.1 Summary of Dissertation 

This dissertation describes improvements made to electrochemical measurement circuitry 

to shift biosensors towards the point-of-care by both bringing a diagnostic platform to the patient 

directly for at-home or remote testing and making multi-analyte testing more feasible in settings 

away from centralized labs. The following is a summary of the key points and results presented in 

the dissertation. 

Chapter 1 demonstrated the motivation for point-of-care biosensors and their role in 

helping to solve current worldwide health issues. This chapter also introduced the benefits as well 

as the challenges in making PoC electrochemical biosensors. Chapter 2 presented a survey of the 

state-of-the-art PoC electrochemical biosensors that make efficient use of smartphones and other 

mobile devices. Chapter 3 presents the design of a multi-technique biosensor module to be 

integrated into a modular phone creating a portable and convenient testing platform. The key 

contribution is the efficient design of the single reconfigurable potentiostat intended to perform 
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three different electrochemical sensing modes all within a small form-factor. Each mode is able to 

achieve comparable performance to other state-of-the-art single technique devices while taking up 

only a fraction of the area. This module was paired with a modular smartphone and validated with 

real-world PoC assays for glucose, lactoferrin, pH, and label-free assays. This work was published 

in IEEE Transactions on Biomedical Circuit and Systems. 

The following two chapters, 4 and 5, present the development of a scalable electrochemical 

detection method and measurement circuitry for multi-analyte high-density arrays. Chapter 4 

details a board level relay-based solution for implementing coulostatic discharge, which greatly 

reduces and simplifies the measurement circuitry, and redox cycling with interdigitated 

microelectrodes. The device was successfully able to report the concentration of a redox molecule 

consistently across the entire 4×4 array. Chapter 5 describes a completely integrated version of the 

array with 64×64 pixels in a 0.18 µm SOI process with top metal electrodes and in-pixel coulostatic 

discharge measurement circuitry. Using a body-driven switch topology, the design was able to 

achieve attoampere leakage at the sensing node and a pixel size of 45×45 µm2. The design and 

intentional removal of passivation across unprotected portions of the electrode resulted in a redox 

cycling amplification factor of ~10×. This array chip was able to successfully run a vaccination 

screening panel by simultaneously detecting antibodies for both Rubella and Mumps in human 

serum. It achieves the highest density amperometric array with no additional complex post-

processing procedures. 

 

6.2 Areas for Future Work 

Both biosensor projects presented in this dissertation can be further expanded upon in a 

few ways. The next steps for the mHealth biosensor module would be to design a completely 
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integrated circuit version of the reconfigurable potentiostat, which would be much smaller and 

more suitable for installing inside a regular non-modular smartphone. To make the platform 

complete, we can include more measurement modes by adapting the circuit to provide 

galvanostatic capabilities, where current is applied and potential is measured. Also, since the 

current version is only a bipotentiostat, the addition of more working electrodes would allow the 

system to simultaneously use redox cycling amplification and have an experimental control.  

While the high-density array was successful for multi-analyte detection, a few limitations 

hold it back from being used in a full-scale application. Firstly, the number of sensors needs to be 

increased at least 3× in order to be tested and compared with current IMS sensing technologies, 

which typically require 10,000 pixels functionalized with different peptides. While this can be 

accomplished now through simply increasing the silicon area, efforts to further increase the density 

such as through translating the design to a more advanced process, where other sources of leakage 

can begin to dominate, should be explored. Also, while it did not appear as a problem in our tests, 

both electrochemical and electrical pixel crosstalk should be further investigated and quantified. 

Finally, methods to improve the pixel-to-pixel variation should also be examined. While some 

sources of this variation are beyond the scope of this research such as the plating and surface 

functionalization techniques, the consistency of the double-layer capacitance is a concern that can 

be addressed. For example, adding a small on-chip capacitance to each pixel would reduce the 

amount of variation between sensors, but it would also decrease the sensitivity. A possible work-

around would be to implement an on-chip calibration step to measure the double-layer capacitance 

of each pixel and use that to individually adjust the measured discharge rates, thereby improving 

the matching between sensors. 
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