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The field of bioelectronics started about 18th century with the frog experiments 

of Luigi Galvani by moving the detached leg of frog with the application of a small 

voltage. Today there are variety of bioelectronic devices available in many different 

areas such as pacemakers, continuous glucose sensors, implantable brain tissue 

interfaces, that show how far we have gone since the Galvani experiments. This 

dissertation introduces bioelectronic systems for different research areas such as tissue 

engineering, biophysical monitoring of birds and point-of-care diagnostics. 

First, we have introduced a device depends on organic bioelectronics, a growing 

research field that integrates organic electronic materials with biological systems, and 

used it for tissue engineering purposes. We have developed a planar device that 

contains a conducting polymer stripe and achieves a continuum of microenvironments 

for cell growth under the influence of an applied bias. Marked differences are observed 

in the migration behaviors of bovine aortic endothelial cells (EC) as a function of 

location along the polymer stripe, and 3-fold variation is achieved in EC migration 



 

  

speed and directional persistence time. A gradient in adsorbed fibronectin indicates that 

a spatial variation in cell adhesion is at play. We have used our device to modulate the 

cell adhesion and changed cell density gradients of normal and cancerous cell lines by 

inducing electrically which can be used as a tool for the study of cell-cell interactions.  

Next, we have developed a real-time in vivo uric acid biosensor system, Lab-

on-a-Bird, for biophysical monitoring of birds. The metabolism of birds is finely tuned 

to their activities and environments, and thus research on avian systems can play an 

important role in understanding organismal responses to environmental changes and 

ecological investigations. After characterization of the sensor system, we demonstrated 

the autonomous operation of the system by collecting in vivo extracellular uric acid 

measurements on a domestic chicken. We then show how the device can be used to 

monitor, in real time, the effects of short-term flight and rest cycles on the uric acid 

levels of pigeons. In addition, we demonstrate that our device has the ability to measure 

uric acid level increase in homing pigeons while they fly freely to back home. 

Successful application of the sensor in migratory birds could open up a new way of 

studying birds in flight which would lead to a better understanding of the ecology and 

biology of avian movements.  

Finally, we have presented a Cholera-Detect system for point-of-care detection 

of Vibrio Cholerae which is a comma-shaped, gram negative bacterium and the cause 

of an acute diarrhoeal disease in humans called “Cholera”. Even though up to 80% of 



 

  

the cases can be successfully treated with oral rehydration salts, around 100,000 – 

120,000 of the cases come to an end as deaths. This indicates that early and rapid 

detection of the cholera is necessary to prevent spread of disease, increase the 

efficiency of treatments and decrease the intensity of epidemics. Cholera-Detect system 

has the ability to do rapid, and on-field molecular diagnosis of cholera without need for 

extensive laboratory equipment and chemicals which would potentially make possible 

improved health care in outbreak situations.  
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CHAPTER 1 

INTRODUCTION 

1.1 Electronics at the interface with biology 

Interfacing electronic devices with biological systems has many application areas in 

medical diagnostics, healthcare and biomedical engineering. This interaction could be 

two sided: biological inputs to the electrical systems or electrical inputs to the 

biological systems (Fig. 1.1). In the case of biological inputs, electronic element 

converts the biological signals into measurable electrical signals which can then be 

analyzed for its significance. In the case of electrical inputs (electrodes, transistors, 

etc.), behavior or function of the biological system can be affected by electrical 

stimulus.  

The development of biological sensing capabilities that have the ability to 

transduce the biorecognition or biocatalytic process in the form of electronic signals 

are one of the major activities in the field of bioelectronics. One of the well-known and 

most widely successful example to date is the blood glucose sensor which is an 

important commercially available diagnostics tool for diabetic patients throughout the 

world. By combining continuous glucose monitoring sensor and insulin drug delivery 

system, an artificial pancreas has been created which has the potential to transform the 
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lives of people with type 1 diabetes. Although many other biological sensing platforms 

have been introduced to the literature with high sensitivity, specificity and parallelity 

in order to meet the needs of a variety fields ranging from medical diagnostics to 

pharmaceutical discovery, demand is increasing for innovation by growing aging 

population and increased chronic diseases.  

  

Fig. 1.1: Interaction of biomaterials (left) and electronic systems (right) for 

bioelectronic applications. Reproduced with permission from 

Bioelectronics: From Theory to Applications [1]. 
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To interface electronics systems with living tissue, the pacemaker is one of the 

most important and mature therapeutic technologies that stimulate electrically-active 

Fig. 1.2: a) Metal microprobes are inserted into the insect brain and thorax tissue at 

the pupil stage. The probes emerge with the tissue around which gives a 

mechanically and electrically reliable interface [2]. b) Intracortical silicon 

microelectrode array. These electrodes penetrate into the brain tissue and 

record the activity of the brain cells at specific region [4]. c) Translating 

neural activity of the brain directly into control signals give the ability to 

control assistive devices [5, 6]. d) Example of physiological measurements 

from a migrating bird (Swainson's thrush) which shows the heart rate of a 

free-flying. This helped the researchers to calculate the rate of energy 

expenditure during the flight [7]. e) A bird (White-eyed vireo) with heart 

rate monitoring system installed on it [8]. 
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cells of the hart to control abnormal heart rhythms. Cochlear implant is another widely 

used example of bioelectronic systems which provides a sense of sound to a person 

who is profoundly deaf or severely hard of hearing. There are other examples of 

bioelectronic devices that can restore lost function for patients and improve the quality 

of life such as ocular implants to provide artificial vision and prosthetic limbs that can 

interface with the human nervous system [4]. There is also ongoing effort for brain 

tissue interfaces for people with paralysis (Fig. 1.2c). Recording signals from motor 

cortex neurons using silicon micro-electrode array and translating neural activity 

directly into control signals for assistive devices give the ability to control a robotic-

arm to perform three-dimensional reach and grasp movements, even use a robotic arm 

to drink a coffee from a bottle [9].  

Bioelectronic systems has been also used for animals. Brain machine interface 

was installed on able-bodied monkeys to move and click the computer cursor or control 

a robotic arm [5, 6]. Insect-machine interface is another exciting application area of 

bioelectronics which gives the ability to control navigation of flight in months. Metal 

microprobes were implanted into the insect brain and thorax tissue using early 

metamorphosis insertion technology. A possible demonstration of these systems would 

be environmental monitoring or search and rescue operation at the time of disasters 

when equipped with appropriate instruments [2, 10, 11]. Technological advances in 

tracking and sensing devices have also opened new opportunities to study of migratory 

birds which are mostly physically too small (Fig. 1d and Fig. 1e). This is important 
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because research on birds can serve as an effective tool for ecological and evolutionary 

studies, as the metabolism of birds are finely tuned to their environments [12]. 

Combining sensors with tracking data promises a better way of understanding avian 

movement and biology. 

Smartphones can be also count as bioelectronic systems. Increasing demand 

and availability of smartphone technology is also another transformative opportunity 

for the deployment of bioelectronic devices. Imaging, computation and communication 

capabilities and their interaction with sensors and diagnostic devices would enable to 

have more informative systems directly to the consumers allowing them to take better 

control of their own health [3]. Point-of-care (POC) diagnostic devices usually combine 

a two part system: a consumable chip that detects the analyte of interest, and an 

instrument type reader, bioelectric component, that interprets the signal from the chip 

and provides results to the user. Smartphone will be transformative both in developing 

and developed world for personalized healthcare applications because most consumers 

will already own a test reader/instrument in the form of a smartphone. Especially lab-

on-a-chip diagnostics in resource limited settings will help early-stage diagnosis, better 

communication with patients and better tracking of disease outbreaks [3]. Smartphones 

can also be incorporated wearable and implantable body sensors networks for 
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continuous monitoring of patients and minimize the need for caregivers, help the 

chronically ill and elderly people live an independent life and early detection of 

Fig. 1.3: a) Smartphone based colorimetric analysis for serum cholesterol detection 

and b) electrochemistry analysis. c) Smartphones can be also count as 

bioelectronic systems and incorporating them with lab-on-a-chip 

technologies, wearable and implantable sensors will be transformative for 

healthcare applications and early diagnosis and tracking of diseases [3]. 
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emergency conditions [13].  

 The use of organic electronic materials in bioelectronic applications also offers 

many opportunities and is fueled by some unique features of these materials such as 

the ability to transport ions, similar mechanical properties to those of tissue, their ease 

and low cost of processing, their compatibility with flexible substrates and low 

temperature processing [14]. Because of the soft nature and flexibility of the organic 

materials, they have better mechanical compatibility with tissues rather than traditional 

electronic materials. Organic materials allow for oxide free interfaces when they are in 

contact with aqueous electrolytes and therefore they can be in direct contact with the 

Fig. 1.4: Water contact angle measurements on oxidized and reduced conducting 

polymer (PEDOT:Tosylate) surfaces which shows the tunability of surface 

energy/hydrophilicity.  
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biological environments such cell cultures or tissue implants. One of the most important 

properties of organic materials is the tunability of their properties through doping. 

When ions from an electrolyte enter an organic film, or vice versa, a change in the 

doping state occurs. This gives the ability to organics to conduct ions in addition to 

electrons and holes which opens up a new communication channel with biology. The 

doping can be achieved through “electrochemical doping” where a metal gate electrode 

immersed into the electrolyte and positive charge is supplied through it, then cations 

from the electrolyte enter the conducting polymer film and compensate the anions, 

thereby decreasing the hole density on conducting polymer. This reversible process 

makes organic materials ideal electron-to-ion converters which is a key property for 

communicating between the electronics and biology. On the other hand, many 

properties of organic electronic materials can be changed by electrochemical 

doping/de-doing process such as surface energy (hydrophilicity/hydrophobicity) (Fig. 

1.4), surface charge, stiffness and chemistry which make them ideal tool for studies 

where active interaction with living cell and tissues are necessary [15-19].  

 While many successful applications of bioelectronic devices and systems exist, 

much work may remain to be done at the interface between electronics and living 

systems. By combining research efforts of biologists, chemists, physicists, materials 

scientists and electronic engineers, and also having close collaboration of industry, 

academia and the medical community, bioelectronics promise a bright future for 
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impressive advances that enable us to better understand and manipulate the biological 

systems, improve healthcare and quality of life.  

1.2 Organization of the Dissertation 

Through the dissertation, we wanted to find answers to some of the important questions 

of bioelectronic systems in tissue engineering, real-time biophysical monitoring of 

birds and POC diagnostic applications. In the first part of the thesis, Chapter 2 and 3, 

we have investigated a conducting polymer device as an “active” substrate for cell 

culturing and the effect of redox state change on the cell behavior such as cell migration 

and adhesion. In Chapter 4 and 5, real-time in vivo uric acid biosensor system was 

introduced and its demonstrations on physiological monitoring in domestic chicken and 

flying pigeons were investigated. In Chapter 6, we have developed a system that 

exploits the solar thermal energy to simple nucleic acid extraction and isolation, 

polymerase chain reaction (PCR) based amplification, and smartphone assisted 

analysis of the results.  
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CHAPTER 2 

ELECTRICAL CONTROL OF CELL MIGRATION 

USING A CONDUCTING POLYMER DEVICE* 

2.1 Abstract 

Control of cell migration is receiving a great deal of attention due to its relevance to 

the engineering of tissues. Here we report a device that contains a conducting polymer 

stripe and achieves a continuum of microenvironments for cell growth under the 

influence of an applied bias. Marked differences are observed in the migration 

behaviour of bovine aortic endothelial cells (ECs) as a function of location along the 

polymer stripe, and a 3-fold variation is achieved in EC migration speed and directional 

persistence time. Moreover, the device induces directional cell migration along the 

conducting polymer stripe. A gradient in adsorbed fibronectin indicates that a spatial 

variation in cell adhesion is at play. The ability to control cell migration behaviour 

using external electrical stimuli highlights the potential of using conducting polymers 

as ‘‘active’’ substrates for the non-invasive control of cell behaviour.  

                                                 
* This work was published in Soft Matter in 2010 [14]. All figures reproduced with permission.  
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2.2   Introduction 

The directed assembly of cells into tissues is critical to embryonic development, wound 

healing and the engineering of tissues for organ regeneration and replacement [20]. 

Cell migration, which facilitates proper spatial localization during tissue formation, is 

largely controlled by the chemical and structural cues in the microenvironment that are 

integrated by the molecular machinery of cells. As a result, the engineering of well-

defined extracellular matrix environments that control cell migration by altering the 

chemical, mechanical or structural properties of the extracellular scaffold [21] is 

receiving a great deal of attention.  

Tissue engineering largely focuses on developing materials that induce 

physiological cell migration and tissue assembly by incorporating the extracellular cues 

found in vivo. It is wellestablished that soluble and insoluble chemical gradients [22, 

23], gradients in mechanical stiffness [24, 25] and micro- and nanotopographical 

features [26] can be exploited to direct and/or enhance cell migration. It is known that 

cells can respond to chemical gradients of growth factors through chemotaxis and 

haptotaxis, and gradients in mechanical stiffness through durotaxis. As such, many 

biomaterials and devices have been engineered by using novel polymers, chemical 

conjugation techniques or microfluidics to present well-defined chemical or 

mechanical gradients to cells. 
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The goal of these platforms has been to induce cell migration as a critical step 

in forming replacement tissues. Many of the current strategies have limitations. In the 

case of chemotaxis based approaches, it has been difficult to achieve long-term, stable 

gradients to induce cell migration on an implantable device. In durotaxis, most 

materials that have been developed to incorporate tunable, well-defined mechanical 

gradients are not biocompatible and would not be suitable for implantation. Therefore, 

there is a clear need to develop better strategies to reliably and easily control cell 

migration using a method amenable to implantation. 

The emergence of organic electronics – a technology that relies on carbon-based 

semiconductors to deliver devices with unique properties [27] – creates tremendous 

opportunities at the interface between electronic materials and living cells [14]: The 

‘‘soft’’ nature of organics offers better mechanical compatibility with tissue than 

traditional electronic materials, while their natural compatibility with mechanically 

flexible substrates suits the non-planar forms often required for biomedical implants 

[28]. Their ability to conduct both ionic and electronic charges opens up a new 

communication channel with electrically active cells [29, 30]. Finally, the fact that the 

electronic properties of organics can be altered in response to electrical stimuli [31] 

creates opportunities to use these materials as ‘‘active’’ substrates for cell growth.  

In 1994, Wong et al. discovered that ECs grow differently on oxidized versus 

reduced polypyrrole films [32]. Since conducting polymers such as polypyrrole can be 
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reversibly switched between oxidized and reduced states, these experiments paved the 

way for non-invasive control of cell behaviour by electrical means. More recently, 

devices based on a conducting polythiophene have been used to demonstrate electrical 

control of cell adhesion [33], and the creation of density gradients in normal and 

cancerous cell lines [17].  

In this study, we take a look at the influence of the redox state of a conducting 

polymer on the migration of individual cells. We demonstrate that organic electronic 

devices enable the electrical control of cell migration, hence they can serve as vehicles 

to help understand and engineer tissue formation. 

2.3 Results and Discussion  

A device that allows one to create a continuum of microenvironments for cell growth 

is shown in Fig. 1. An indium tin oxide (ITO) stripe was deposited on a glass substrate, 

onto which a polydimethylsiloxane (PDMS) reservoir containing cell growth medium 

was attached. A ground electrode was immersed in the PDMS reservoir. A bipolar 

power supply sourced - 1.5 V and +1.5 V at opposite ends of the ITO stripe (outside 

the PDMS reservoir), creating a linear potential gradient. A thin film of the conducting 

polymer poly(3,4-ethylenedioxythiophene) doped with p-toluenesulfonate 

(PEDOT:TOS) was deposited on top of the ITO stripe by vapour phase polymerization 

(see ESI†). Its conductance was about 100 times lower than that of the underlying ITO 

stripe, and as a result it replicated the local surface potential of the ITO. 
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The linearity of the gradient was confirmed by measurements of surface 

potential at several locations along the PEDOT:TOS stripe. The surface potential was 

found to vary linearly between -1 and +1 V inside the PDMS reservoir. Under this bias 

configuration, positive ions from the growth medium enter the PEDOT:TOS film near 

the negatively-biased end. The local hole density decreases in order to maintain charge 

balance and the film is reduced. In a similar fashion, oxidation takes place near the 

positively-biased end, creating a redox gradient along the length of the PEDOT:TOS 

stripe. The redox gradient is accompanied by a characteristic color change across the 

Fig. 2.1: Device schematic and chemical structure of PEDOT:TOS. The inset shows 

a micrograph of ECs on the PEDOT:TOS surface 
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film [34]. It should be noted that without the underlying ITO stripe, the change of 

conductivity associated with ion uptake in the PEDOT:TOS films would result in 

highly non-linear potential gradients which will fail to cause a well-defined continuum 

of microenvironments for cell growth. 

Cell growth medium was added to the PDMS reservoir and the devices were 

biased for 1 h to establish the redox gradient on the PEDOT:TOS. The bias was then 

removed and the cells were seeded. Hence, cell migration was observed in the absence 

of applied bias. The color change that accompanied the establishment of the redox 

gradient was immediately visible following the application of the bias and remained 

stable for the duration of the experiment, without noticeable change when the bias was 

removed. The devices were placed on a Zeiss Axio Observer.Z1m inverted phase 

contrast microscope stage equipped with a chamber maintained at 37 ˚C, 5% CO2, and 

40% humidity. Cells were plated at a density of 1500 cells mL-1 to minimize cell-cell 

collisions during migration and were allowed to adhere and spread for 6 h prior to 

observation. Cell migration was measured using time lapse microscopy through a 10x 

lens, with images taken every 10 min for 6 h. One such image is shown in the inset of 

Fig. 1. Images were acquired in five locations (‘‘pixels’’) across the PEDOT:TOS 

stripe that corresponded to an average local potential, as it was applied before seeding 

the cells, of -0.9 V (reduced), -0.5 V (mildly reduced), 0 V (reference PEDOT:-TOS), 

0.5 V (mildly oxidized), and 0.9 V (oxidized). For a control experiment we used a 

PEDOT:TOS film across which bias was never applied. 
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Fig. 2.2 shows the trajectories of six cells on the mildly reduced and oxidized 

pixels. Marked differences in the observed trajectories indicate that the redox state of 

the polymer significantly affects cell migration. Cells on the mildly reduced pixel seem 

to only explore their immediate neighborhood, as most of them remain within 100mm 

from their origin during the 6 h measurement period. On the other hand, cells on the 

oxidized pixel follow more ‘‘open’’ trajectories, moving as far as 400 mm away from 

their origin. It should be mentioned that in a control experiment, no spatial differences 

were observed on EC migration along a device that was not biased. 

Cell trajectories were analyzed to extract mean-square displacement <d2> as a 

function of time t. Fitting to the persistent random walk equation [35]: 

 

yielded the speed, S, and directional persistence time, P of cells located in each pixel. 

Fig. 2.3 shows the variation of S and P at the five pixels across the PEDOT:TOS.  
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Fig. 2.2: Trajectories of 6 ECs at a mildly reduced (a, V = -0.5 V) and at an oxidized 

(b, V = +0.9 V) location of the PEDOT:TOS stripe. The potential refers to 

the average local potential at a PEDOT:TOS pixel, as it was applied before 

seeding the cells. 
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The speed for ECs on the reference pixel is 10.8 ± 1.7 µm h-1, consistent with values 

measured for ECs on glass [36, 37], and on the control PEDOT:TOS film (11.5 ± 1.6 

µm h-1). While reduction of PEDOT:TOS does not have a significant effect on speed 

or persistence, oxidation does: the speed on the oxidized pixel increases to 32.5 ± 3.8 

µm h-1, and a similar 3-fold increase is observed in the persistence. These results show 

that PEDOT:-TOS can be used to electrically control cell migration behaviour. The 3-

fold increase in speed achieved by oxidizing the PEDOT:TOS film compares well to 

improvements measured using fluid shear stress [36, 38] and chemical gradients [37] 

to induce migration. A larger change might be achievable using a higher applied bias, 

but electrolysis in the cell medium becomes an issue.  

Cell migration involves the formation of new attachments at the front of the cell 

and the breaking of existing attachments at the rear. As a result, the maximum 

migration speed is predicted to occur at an intermediate value of cell-substrate 

adhesiveness [39]. Increasing or decreasing adhesion beyond this optimum is therefore 

predicted to decrease cell migration speed. Cell adhesion is mediated in part by the 

adsorption of adhesion proteins (e.g. fibronectin) that are contained in the serum of the 

growth medium. We therefore conducted an immunostaining assay to quantify the 

density of adsorbed fibronectin (Fn) at different locations along the PEDOT:TOS 

stripe. The results, shown in Fig. 4, reveal that the density of adsorbed Fn increases 

along the PEDOT:TOS stripe from the oxidized to the reduced end. The observed 

changes in cell speed along the PEDOT:TOS stripe can be understood by assuming 
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strong EC adhesion on the reduced parts of the PEDOT:TOS stripe. In this limit, cells 

find it difficult to break existing attachments and their speed is low. The lower density 

of adsorbed Fn on the oxidized pixels would then decrease cell adhesion, thereby 

increasing cell speed. This interpretation is consistent with the observation of Paleceket 

al., who have shown that increasing the density of adsorbed Fn above a certain value 

decreases cell speed [40].  

An alternative interpretation is suggested by two recent studies of cell growth 

on conducting polymer surfaces [17, 33]. Both studies showed a higher density of 

attached cells on oxidized than on reduced PEDOT:TOS, suggesting stronger cell 

adhesion on the oxidized part of the film. However, human serum albumin and Fn were 

found to adsorb preferentially on reduced PEDOT:-TOS. This was reconciled by 

hypothesizing that the orientation of the adsorbed protein at the two electrodes is 

different. According to these reports, the observed changes in speed along the 

PEDOT:TOS stripe can be understood by assuming that EC adhesion on the reduced 

parts of PEDOT:TOS stripe is below the optimum. In this limit, cells find it difficult to 

form new attachments and their speed is low. Stronger cell adhesion on the oxidized 

PEDOT:TOS pixels increases cell speed. At this point it is not possible to distinguish 

between these two interpretations and the only conclusion that can be drawn is that the 

redox gradient on the PEDOT:TOS establishes different microenvironments for cell 

growth. Understanding the physics of protein adsorption on conducting polymer 
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surfaces will be a major step towards understanding the changes in migration behaviour 

observed here. 

Adsorbed Fn density gradients, prepared using counter-propagating self-

assembled monolayer techniques, are known to direct cell migration through haptotaxis 

[37, 41]. Not surprisingly, directional cell migration was found to occur along the 

PEDOT:TOS stripe. Analysis of all cells trajectories on the reference pixel (which is 

located at the centre of the gradient) shows that there is a net 7.7 mm migration (in 6 

h) from the reduced to the oxidized part of the PEDOT:TOS stripe. This displacement 

is similar in magnitude with values measured on static Fn gradients [37, 41]. However, 

the direction of cell migration in static gradients is from low to high Fn densities, the 

opposite to what is observed here. This lends support to the hypothesis of stronger cell 

adhesion on the oxidized part of the film, as haptotaxis leads cells towards regions of 

higher adhesion [42]. 

 Compared to other techniques that are used to control cell migration, the device 

discussed here offers the advantages of simplicity and electrical control, and might 

yield a useful tool for cell biology. Migration can be slowed down or accelerated, 

enabling the study of the signal transduction mechanisms governing cell speed, 

extension, sensing and directionality.  
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Fig. 2.3: Migration speed and direction persistence time at various locations across 

the PEDOT:TOS stripe which are marked by the average local potential, as 

it was applied before seeding the ECs. ‘‘*’’ indicates p<0.0001 compared 

to all other groups. Dash indicates statistically similar groups. 
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Because these are the same cell behaviours critical to multiple biological processes, 

including cancer cell metastasis, inflammatory response, wound healing and embryonic 

development, implementing such a device could lead to the identification and study of 

molecular targets mediating these processes. Multiple experiments could easily be 

assembled into one culture dish, enabling the study of multiple treatments and 

conditions simultaneously. Moreover, the device offers open access to the cells, an 

advantage over microfluidic techniques. Yet, conducting polymer devices similar to 

the one reported here have been integrated with both traditional [43] and surface-

directed [44] microfluidic channels. Therefore, electrical control of cell migration can 

also be obtained in a microfluidic format for systems-on-a-chip applications. 

Directed migration can be induced without the need for precise patterning of 

chemical or mechanical cues on a surface –the redox gradient is established 

automatically and its magnitude, direction, and offset can be controlled by the applied 

bias. A smaller device, easily achievable with microfabrication, can support a steeper 

electrical gradient, creating an opportunity to control directional cell migration. 

PEDOT:TOS is biocompatible [14], and therefore can be incorporated into current 

biomaterial designs to enhance cell infiltration into tissue engineered constructs. As a 

wound healing dressing, for example, the use of PEDOT:PSS may decrease healing 

time by increasing directional cell migration into the wound. Additional opportunities 

for in vivo use in conjunction with other conducting polymer biomedical devices. One 

example is the blood-vessel connector developed by Micromuscle AB: it consists of a 



23 

 

metal/conducting polymer bilayer rolled into a cylinder. When inserted between the 

ends of severed blood vessels and activated by an applied potential it expands to 

connect the severed vessel. Our work shows that such devices can be designed to induce 

directional cell migration, thereby shortening healing time. The examples mentioned 

above illustrate that the conducting polymer device described here might offer an easy-

to-use, tunable platform which could be easily integrated into biomedical devices. 

 

Fig. 2.4: A fluorescent micrograph taken after immunostaining of adsorbed density 

of fibronectin along the PEDOT:TOS stripe. The direction of applied bias 

is indicated. 



24 

 

2.5 Conclusions and Perspectives 

In conclusion, we discussed a conducting polymer device that achieves a continuum of 

microenvironments for cell growth to affect the migration behaviour of bovine aortic 

endothelial cells. Marked differences were observed as a function of location along the 

polymer stripe, and a 3-fold variation is achieved in cell migration speed and directional 

persistence time. Directional cell migration along the conducting polymer stripe was 

induced. A gradient in adsorbed fibronectin indicates that a spatial variation in cell 

adhesion is at play.  
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CHAPTER 3 

ELECTRICAL CONTROL OF CELL ADHESION USING 

A CONDUCTING POLYMER DEVICE† 

 

3.1 Contributors 

This project was a collaboration between the former Malliaras group and Fischbach 

group in Biomedical Engineering. The study was completed in parallel with the Cell 

Migration project described in Chapter 2 by utilizing the same device architecture. The 

majority of the experimental work was carried out by Alwin W. Wan (a former graduate 

student in the Malliaras group), and Daniel J. Brooks (a former graduate student in 

Fischbach group.  

3.2 Abstract  

We describe a conducting polymer device that can induce electrically controlled 

density gradients of normal and cancerous cell lines, and hence can be used as a tool 

for the study of cell–cell interactions.  

                                                 
† This work was published in Chemical Communications in 2009 [15]. All figures reproduced with 

permission.  
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3.3 Introduction 

Gradients in cell density control the functions of normal and pathological tissues by 

regulating the quality and quantity of cell–cell interactions. For example, spatial 

variations in cell density lead to the generation of growth factor gradients, which, in 

turn, influence cell migration, proliferation, and differentiation [45]. Additionally, 

gradients in cell density can impact the number of physical connections a cell is able to 

form with neighboring cells, which modulate intracellular signaling pathways and 

affect cell behaviour [46]. Perturbation of cell interactions in normal tissues (e.g., due 

to injury) typically triggers a cascade of events that re-establishes tissue homeostasis. 

However, in pathological tissues (e.g., tumours) these control mechanisms are 

dysfunctional and can lead to impaired tissue functions and patient prognosis [47]. The 

ability to establish controllable cell density gradients is critical to gaining a better 

understanding of the underlying cellular and molecular mechanisms.  

A variety of techniques can be used to generate spatially controlled variations 

in cell density. For example, artificial, growth factor-sequestering extracellular 

matrices allow to probe the synergy between interstitial fluid flow and growth factor 

signalling on the formation of endothelial cell gradients [48]. Additionally, 

microfluidic devices capable of generating morphogen gradients provide useful tools 

to establish local variations in cell density as a result of directed cell migration [49]. 

These systems permit to establish gradients in cell density as a function of varying 
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mechanical and chemical cues, but whether electrical stimuli may be used in a similar 

manner has not been investigated.  

In 1994, Wong et al., discovered that aortic endothelial cells grow differently 

on oxidized and on reduced polypyrrole films [32]. Since conducting polymers such as 

polypyrrole can be reversibly switched between oxidized and reduced states, these 

experiments pave the way for non-invasive control of cell growth. Subsequent work 

focused predominantly on neurons, where the stimulation of neurite outgrowth is 

important for, among other things, repair of spinal cord injury [50]. The topic of cell 

growth on conducting polymer surfaces is currently receiving renewed attention due to 

the interest in organic electronics [27]. A recent example is the work by the Berggren 

group demonstrating differences in neural cell adhesion on reduced and on oxidized 

conducting polymer electrodes [33].  

3.4 Results and Discussion 

In this communication we report a device in which an applied bias causes a redox 

gradient in a conducting polymer film, which, in turn, leads to the creation of density 

gradients in normal and cancerous cells. We chose two cell lines that are representative 

models of normal and cancerous cells for this demonstration: the 3T3-L1 (ATCC CL-

173) cell line, which consists of mouse fibroblasts capable of transforming into 

adipocytes and is representative of normal mesenchymal cells, and the MDA-MB-231 
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(ATCC HTB-26) cell line, which is derived from human breast cancer and is 

representative of an aggressive and invasive form of the disease.  

Fig. 1 shows the device that was used to create the redox gradients. A 3 mm 

wide, 2.5 cm long indium tin oxide (ITO) stripe was deposited on a glass substrate, 

onto which a PDMS reservoir that contained the cell growth medium was attached. A 

ground electrode was immersed in the PDMS reservoir. A bipolar power supply 

sourced - 1.5 V and + 1.5 V at opposite ends of the ITO stripe (outside the PDMS 

reservoir), creating a linear potential gradient. A thin film of the conducting polymer 

Fig. 3.1: Device schematic and chemical structure of PEDOT-TOS. The inset shows 

a micrograph of MDA-MB-231 cells after performing a live/dead assay. 
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poly(3,4-ethylenedioxythiophene) doped with p-toluenesulfonate (PEDOT–TOS) was 

deposited on top of the ITO stripe by vapour phase polymerization [51]. Its 

conductance was about 100 times lower than that of the underlying ITO stripe, and as 

a result it just replicated the local surface potential of the ITO. The linearity of the 

gradient was confirmed by measurements of surface potential, which was found to vary 

inside the PDMS reservoir between - 1 and + 1 V. Under this bias configuration, 

positive ions from the growth medium enter the PEDOT–TOS film near the negatively-

biased end. The local hole density decreases in order to maintain charge balance and 

the film is reduced. In a similar fashion, oxidation takes place near the positively biased 

end, creating a redox gradient along the length of the PEDOT–TOS stripe. The redox 

gradient is accompanied by a characteristic colour change across the film [34].  It 

should be noted that without the underlying ITO stripe, the change of conductivity 

associated with ion uptake in the PEDOT–TOS films would result in highly non-linear 

potential gradients which might lead to ill-defined redox gradients.  

Cell growth medium was added to the PDMS reservoir and the devices were 

biased for 1 hour to establish the redox gradient on the PEDOT–TOS. The bias was 

then removed and the cells were seeded. Hence, cell growth took place in the absence 

of applied bias. The colour change that accompanied the establishment of the redox 

gradient was immediately visible following the application of the bias and remained 

stable for the duration of the experiment, without noticeable change when the bias was 

removed. Cells were seeded on the device and allowed to grow for 24 hours before 
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their viability was quantified with a live/dead assay, using calcein AM (green, calcein 

acetoxymethyl ester; Invitrogen C1430) for live cells, and propidium iodide (red, 

Sigma-Aldrich P4170) for dead cells. Seeding densities were ~15 000 cells per cm2 for 

the 3T3-L1 cells and ~30 000 cells per cm2 for the MDA-MB-231 cells.  

Fig. 3.2 shows composite images mapping 3T3-L1 cell distributions along the 

PEDOT–TOS stripe in two devices that were biased in opposite directions from each 

other. Each composite consists of 6 individual fluorescence micrographs, obtained 

through a 2.5x objective with a Zeiss Axio Observer.Z1 microscope. The images reveal 

regions of low cell density, where individual cells are well separated from each other, 

as well as regions where the cells are beginning to form a confluent monolayer. From 

these plots it can be seen that large density gradients can indeed be established on the 

PEDOT–TOS surface. Moreover, in both plots, the regions of low density are close to 

Fig. 3.2: Fluorescence micrographs of calcein-green stained 3T3-L1 cells for two 

devices biased in opposite directions. 
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the negatively-biased side of the PEDOT–TOS. Therefore, the direction of the cell 

density gradient is controlled by the direction of the applied bias. 

Fig. 3.3 shows population densities obtained from analysis of fluorescence 

images from both 3T3-L1 and MDA-MB-231 cells. The images were parsed in 20 

segments along the length of the PEDOT–TOS stripe and the number of individual 

cells was counted using ImageJ (National Institutes of Health). The average cell 

density, obtained from analysis of data from two devices, was then plotted as a function 

of the average local potential that was applied on each segment before seeding the cells.  

The experiment was repeated several times to ensure the reproducibility of these 

observations. The data show that both types of cells prefer the oxidized side of the 

PEDOT–TOS film, and the cell density decreases gradually towards the reduced side 

of the film. It should be noted that quantification of the total cell surface area at different 

locations of the established cell density gradient yielded similar results.  

The observed density gradients are not caused by a change in the viability of 

the cells along the PEDOT–TOS film. The inset of Fig. 1 shows a typical micrograph 

(phase-contrast, green and red fluorescence at 10x) of the MDA-MB-231 cells from a 

reduced region of PEDOT–TOS after performing the live/dead assay. In this image 

green fluorescence corresponds to live and the red to dead cells, indicating that the 

majority of the cells are alive. Cell viability was found to exceed 98 ± 1% regardless 
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of the redox state of the PEDOT–TOS film. The 3T3-L1 cells also showed similarly 

high viability on all regions of the PEDOT–TOS film. Cells grown on a control device 

that was never biased also showed the same viability. It should be noted though that if 

the applied bias is not removed prior to seeding the cells, their viability and morphology 

Fig. 3.3: Population densities for the 3T3-L1 cells (a) and the MDA-MB-231 cells 

(b) across the PEDOT–TOS film. 
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are quickly and adversely affected. In an experiment where the bias was maintained 

during cell culture, changes in cell morphology were detectable less than 30 minutes 

after seeding. After less than 2.5 hours of culture, nearly all adhered cells on the device 

had lost viability, as confirmed with a live/dead assay.  

It is likely that the observed cell density gradients arise due to differences in 

cell adhesion. The latter is mediated in part by the adsorption of adhesion proteins (e.g. 

fibronectin) that are contained in the serum of the growth medium. An immunostaining 

assay was performed to quantify fibronectin (FN) adsorption on different locations of 

the device. Devices were incubated under bias for 1 hour in a FN solution diluted in DI 

water. The concentration of FN corresponded to an area density of 15 µg cm-2 for each 

device. The FN was fixed with neutral-buffered formalin for 30 minutes and the devices 

were washed twice in phosphate buffered saline (PBS) with 0.5% bovine serum 

albumin (BSA) to prevent non-specific binding of the primary antibody. The devices 

were then incubated for 1 hour in a 1 : 400 dilution of the anti-fibronectin primary 

antibody in PBS–BSA. The devices were washed twice with PBS–BSA and incubated 

for 1 hour in the dark in a 1 : 100 dilution of a fluorescent goat anti-rabbit secondary 

antibody in PBS–BSA. Subsequent washing and imaging of the fluorescence from the 

secondary antibody revealed the relative concentration of adsorbed fibronectin. The 

data were corrected for the dependence of the optical density of PEDOT–TOS on its 

redox state and are shown in Fig. 4. The control corresponds to a device that was never 

biased. The data show that a redox gradient across a PEDOT–TOS film causes a 
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gradient in adsorbed fibronectin concentration, with concentration decreasing from the 

reduced towards the oxidized side.  

The higher concentration of adsorbed fibronectin on the reduced side of the 

device would imply better cell adhesion, leading to a higher cell density [52], which is 

the opposite of what we find here. The reason for the higher cell density on the oxidized 

side of PEDOT–TOS is currently not understood. A similar finding was recently 

reported by the Berggren group [33]. In a study of adhesion of c17.2 neural stem cells 

on reduced and oxidized conducting polymer electrodes, they showed a higher density 

of attached cells on the oxidized electrode. Moreover, they also showed that human 

serum albumin adsorbs preferentially to the reduced electrode. It was hypothesized that 

Fig. 3.4: Quantification of adsorbed fibronectin as a function of the redox state of 

PEDOT–TOS. 
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the orientation of adsorbed protein at the two electrodes might be different, or that the 

higher protein concentration on the reduced electrode might have a blocking effect on 

extracellular matrix proteins and hinder cell adhesion [33]. Understanding the physics 

of protein adsorption on conducting polymer surfaces will be a major step towards 

uncovering the pathways leading to non-invasive, electrical control of cell adhesion. 

 The device described here can create cell density gradients that range from 

isolated, well-spaced cells to confluent monolayers, and these are suitable for the study 

of cell–cell interactions. Compared to other techniques that can yield similar cell 

density gradients, it offers the advantages of simplicity and electrical control. There is 

no need for precise patterning of chemical cues on a surface—the redox gradient is 

established automatically and its direction can be controlled by the applied bias. The 

spatial extent of the gradient (here, ~ 1 cm long) can be controlled by the dimensions 

of the conducting polymer film, or the applied bias. Moreover, the device described 

here offers open access to the cells—an advantage over microfluidic techniques. Yet, 

conducting polymer devices similar to the one reported here have been integrated with 

microfluidic channels [44]. Therefore, electrical control of cell density gradients can 

also be obtained in a microfluidic format for systems-on-a-chip applications.  
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3.5 Conclusions and Perspectives 

We described a simple device that can be used to establish redox gradients on a 

conducting polymer film. When cells are cultured on this film, density gradients are 

established. This was demonstrated for both normal and cancerous cells. A variation in 

the density of adsorbed fibronectin implies that the device works by controlling cell 

adhesion. 
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CHAPTER 4 

REAL-TIME IN VIVO URIC ACID BIOSENSOR 

SYSTEM FOR BIOPHYSICAL MONITORING OF BIRDS ‡ 

4.1 Abstract 

Research on birds has long played an important role in ecological investigations, as 

birds are relatively easily observed, and their high metabolic rates and diurnal habits 

make them quite evidently responsive to changes in their environments. A mechanistic 

understanding of such avian responses requires a better understanding of how variation 

in physiological state conditions avian behavior and integrates the effects of recent 

environmental changes. There is a great need for sensor systems that will allow free-

flying birds to interact with their environment and make unconstrained decisions about 

their spatial location at the same time that their physiological state is being monitored 

in real time.  We have developed a miniature needle-based enzymatic sensor system 

suitable for continuous real-time amperometric monitoring of uric acid levels in 

unconstrained live birds. The sensor system was constructed with Pt/Ir wire and 

Ag/AgCl paste. Uricase enzyme was immobilized on a 0.7 mm sensing cavity of 

nafion/cellulose inner membrane to minimize the influences of background 

                                                 
‡ This work was published in Analyst 2014 [101]. All figures reproduced with permission.  
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interferents. The sensor response was linear from 0.05 to 0.6 mM uric acid, which spans 

the normal physiological range for most avian species. We developed a two-electrode 

potentiostat system that drives the biosensor, reads the output current, and wirelessly 

transmits the data.  In addition to extensive characterization of the sensor and system, 

we also demonstrate autonomous operation of the system by collecting in-vivo 

extracellular uric acid measurements on a domestic chicken. The results confirm our 

needle-type sensor system’s potential for real-time monitoring of birds’ physiological 

state. Successful application of the sensor in migratory birds could open up a new era 

of studying both the physiological preparation for migration and the consequences of 

sustained avian flight.  

4.2 Introduction 

Research on birds plays a large role in investigations related to ecology, evolution and 

behavior. Birds are diurnal and visual, and they are readily observable and trackable 

for a great variety of research in the field. Their high metabolic rates make them highly 

responsive to their environments, and they therefore tend to be good indicators of 

environmental change [12]. The current state-of-the-art for avian physiological 

monitoring in the field is to take blood samples upon capture, yielding a “snap shot” of 

information on the covariation of metabolites and hormones with the phases of 

migration and breeding in wild birds [53-57]. The metabolism of individual birds over 

the course of their annual migrations or for their once in-a-lifetime dispersal event is 

still poorly understood because of the difficulties of studying birds that travel tens to 
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thousands of kilometers in their movements [54]. The ability to track and study 

migratory birds has increased in recent years with the development of new generations 

of radio-tags and data-loggers capable of increasingly precise monitoring of bird’s 

dynamic locations [8, 58, 59]. A system that can combine this positional tracking data 

with a real-time dynamic measurement of the physiological state of the birds could 

open up an entirely new way of studying avian movement biology and behavior. For 

example, being able to track physiological changes and location in a single moving bird 

could yield priceless information on its internal state and location-associated 

environmental conditions to enable an unprecedented understanding of the movement-

decision-making of individual birds. 

Metabolite sensing and quantification in capillary blood is a well-established 

technology. The vast majority of existing technologies are based around an enzymatic 

reduction of the target metabolite and detection of the products such as glucose [60-

62], cholesterol [63], or lactic acid [64-66]. In general, the importance of these 

measurements to human health monitoring (in particular glucose monitoring for type 1 

diabetes) has led to the development of a large diversity of robust, commercially 

available devices [67]. Despite the wealth of data on blood chemistry, placing sensors 

in blood vessels presents difficult challenges for sensor placement and attachment as 

well as for the life-time of the sensor, which tends to get fouled by defensive cells in 

the blood. A major recent advancement that has enabled the deployment of real-time 

continuous versions of these systems has the ability to accurately determine glucose 
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levels from measurements made in the interstitial space between capillaries, rather than 

sampling the blood directly [68, 69]. This has led to the development of implantable 

biochips, which enable continuous monitoring of glucose and lactate levels to influence 

patient outcomes following trauma-induced hemorrhage [64]. Implantable 

electrochemical sensors have also been used for in-vivo biosensing applications in 

animals such as glucose monitoring in fish [61] and continuous alcohol monitoring in 

a Wistar rat [70]. 

Because birds’ energy pathways are dominated by lipid rather than 

carbohydrate metabolism, variation in somatic glucose levels are not as informative as 

they are in mammalian systems. Glucose levels do not change, for example, over the 

full range of physiological states shown by arriving and refueling godwits on a 

migratory stop-over in the Wadden Sea [71]. By contrast, uric acid is a good indicator 

of protein catabolism in birds since its presence in the body is a consequence of the 

breakdown of protein, either from recently ingested proteinaceous food or from 

catabolism of body protein [72]. There are various approaches to be able to detect uric 

acid levels: chemiluminescence [73], spectrophotometry [74], fluorescence [75] and 

electrochemistry [76]. In general, electrochemical methods for detecting uric acid can 

be classified as either non-enzymatic or enzymatic methods. Enzyme-based 

electrochemical methods are preferred due to their high selectivity and sensitivity [77, 

78]. In most of these methods, determination of uric acid is performed by oxidation of 

enzymatically generated H2O2 at the sensing electrode [79]. Uricase enzymes are 
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immobilized onto various modified electrodes such as polyelectrode multilayer films 

[80], Iridium-modified carbon electrode [81], polypyrrole and polyaniline film [82, 83], 

eggshell membrane [84], polyaniline-multiwalled carbon nanotube composite film 

[85], zinc oxide  nanowires [77] and o nano-particle/multiwalled carbon nanotube layer 

deposited on gold electrode [86]. Although these methods have focused on parameters 

such as simplicity, sensitivity, low detection limit and low cost, none of them has been 

able to implement uric acid sensing for in-vivo applications. 

Here for the first time, we have developed a miniature needle-type enzyme 

sensor system suitable for real-time amperometric monitoring of uric acid in birds. The 

biosensor uses uricase enzyme to catalyze the uric acid reaction, and reduces the 

produced hydrogen peroxide at the sensing cavity, where it is detected 

amperometrically with good sensitivity and stability characteristics. We have also 

designed and integrated our sensor with a two-electrode wireless potentiostat system. 

Finally, we demonstrate the in-vivo monitoring of uric acid in a domestic chicken.  

4.3 Experimental  

4.3.1 Structure of uric acid sensor 

The uric acid sensor, shown in Fig. 4.1, was designed similar to previous needle type 

in-vivo glucose sensors [60-62]. The sensor was made using Teflon coated platinum-

iridium (Pt/Ir; 10%) wire (0.125 mm o.d.; Advent Research Materials Ltd, Oxford, 
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England). It was stripped at one end to create a sensing cavity of 1 mm. The tip of the 

wire was sealed with epoxy resin. Silver wire (0.1 mm o.d., from Sigma Aldrich, St. 

Louis, MO) was wrapped around the Teflon coated surface. Ag/AgCl paste (CH 

Instruments Inc, USA) was applied onto the sensor body to create a reference/counter 

electrode. Following that, the sensing cavity was degreased with acetone, isopropyl 

alcohol, and deionized water to strip any coating residues before inner membrane 

deposition. 

 To prevent changes in other species (e.g., ascorbic acid and glucose) from 

influencing the sensor output, the Pt/Ir electrode was coated with an inner membrane 

composed of Nafion and CA. Twelve alternating coatings of Nafion and CA were 

found to be sufficient to eliminate the interfering species effectively. Uricase enzyme 

was immobilized on the coated electrode and crosslinked with glutaraldehyde to protect 

the enzyme layer from heat degradation, proteolytic enzymes and hydrolysis [87]. The 

sensing cavity was first coated with two thin layers of Nafion by dipping it into a well 

containing 5% Nafion and air-drying for 10 min between each coating. After Nafion 

coating, the sensor was coated with two thin layers of CA by dipping it into the 5% CA 

solution in 2:1 acetone-ethanol for 5 s followed by drying at room temperature for 10 

min between coat. This Nafion and CA deposition cycle was repeated 2 additional 

times. Uricase enzyme was immobilized on the working electrode by absorption on 

inner membranes. 0.7 µL of freshly prepared enzyme solution containing 1% uricase,  
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Fig. 4.1: View of needle type in-vivo enzymatic uric acid biosensor, inset shows the 

SEM image of the sensing cavity of the biosensor containing immobilized 

uricase enzymes. 



44 

 

0.6% bovine serum albumin and 0.4% glutaraldehyde was transferred to the sensing 

cavity while the sensor was held in a horizontal position.  

Uricase enzyme was immobilized on the working electrode by absorption on 

inner membranes. 0.7 µL of freshly prepared enzyme solution containing 1% uricase, 

0.6% bovine serum albumin and 0.4% glutaraldehyde was transferred to the sensing 

cavity while the sensor was held in a horizontal position. The sensor was then allowed 

to dry for 1 hr. A polyurethane (PU) outer layer was deposited around the entire sensor 

to prevent degradation of the sensor and to make the output current independent of 

external mass transfer by serving as a rate-limiting barrier for diffusion [65]. Using the 

wire loop technique, 5% polyurethane (PU) solution was prepared in 98% 

tetrahydrofuran (THF)-2% dimethylformamide (DMF). Three turns of wire loop (3 mm 

inner membrane) were constructed from copper wire (0.5 mm outer diameter) and the 

inside of the loop was filled with 17 µL PU solution. The whole sensor passed through 

this loop horizontally which enabled uniform deposition of the outer layer.  The sensor 

was then cured in air for 12 hours and then stored in 0.01 M phosphate buffered saline 

(pH 7.4) for 7 days to permit outer layer conditioning  

4.3.2 In-vitro sensor characterization 

In-vitro evaluation of the sensor characteristics was carried out in a 1.5 mL cell at room 

temperature (25˚C). All in-vitro measurements were conducted in 0.1M PBS (pH 7.4) 

and dissolved oxygen was saturated with stirring. A potential of +650 mV was applied 
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between the working and the reference/counter electrodes by using a Keithley 2400 

SourceMeter (Keithley Instruments Inc., OH, USA) for amperometric detection. The 

background output current was stabilized for 30 minutes before first measurement. The 

resulting current data were collected by a digital acquisition card installed in a PC 

controlled with LabView software (National Instruments Corp., Austin, TX). To carry 

out the calibration of the sensor, increasing amounts of uric acid (or interferent) 

solutions were injected into the cell with a pipettor every 3 minutes, which was enough 

Fig. 4.2: Two electrode potentiostat system used to drive the uric acid biosensor at 

650 mV and read the output current (1-20 nA) in real time. 
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time to get steady-state response. The sensors were stored in 0.01 M phosphate buffer, 

pH7.4, at 4˚C when not in use. 

4.3.3 Two-electrode potentiostat system for in-vivo measurements 

By combining a low power microcontroller (MCU) MSP430F2274 (Texas Instruments, 

TX), amplifiers (Maxim Integrated, CA), and filter blocks, we formed a two-electrode 

potentiostat system that drives the biosensor at 650 mV [88]. It reads the ultra-low 

output current of the sensor (1 to 20 nA) and transmits the corresponding voltage data 

to the base microcontroller connected to a remote computer (Fig. 4.2). We chose low 

power, low noise MAX407 op-amps (Maxim Integrated, CA) to build amplifiers and 

filter blocks. Since MAX407 op-amp has a very high input impedance and low input 

bias current, it was suitable for a two-electrode potentiostat system application. We 

build the circuit with a minimum number of components to keep the circuit board area 

small. A Pulse amplitude modulated (PWM) signal from the MCU was converted to 

DC voltage by low-pass filtering for driving the sensor after buffering. Since the sensor 

output current is very small, we amplified and converted it to voltage using a 

transimpedance amplifier, so that it could be measured by the microcontroller’s analog 

to digital converter (ADC).  Data was transferred to a base station using an integrated 

CC2500 2.4 GHz wireless transceiver and recorded to a computer for further analysis. 
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Fig. 4.3: a) In-vitro calibration of the uric acid biosensor by adding various 

concentrations of uric acid over the expected physiological range. b) Linear 

fit of the in-vitro uric acid calibration data. Error bars are the standard 

deviation of the sensor output after stabilization 
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4.3.4 In-vivo experiments for monitoring interstitial uric acid levels 

in a domestic chicken 

To evaluate the in-vivo performance of the sensor, experiments were done on an adult 

chicken. Feathers in the dorsal feather tract, anterior of the uropygial gland, were 

clipped at their bases and the skin disinfected using Betadine Antiseptic Solution 

(Purdue Pharma L.P., NJ). A 20-gauge catheter consisting of an outer polyurethane 

layer and inner puncture needle (Terumo Medical Corporation, NJ) was inserted 

slightly over 1 cm immediately beneath the skin without anesthesia. After removing 

the inner puncture needle, the excess catheter was cut just above the skin. The uric acid 

sensor was then inserted into the flexible polyurethane outer layer and secured with 

sterile Tegaderm® film (3M Corporate, MN). Then the wireless two-electrode 

potentiostat tag was attached directly over the inserted sensor and fastened to the back 

with a Rappole harness [89] made of dental floss and tightened around the bird’s femurs 

through holes at the sides of the tag case. 

Prior to the experiment, the chicken was fasted for 6 hours, lowering the 

baseline uric acid levels. A blood sample was taken from the chicken before installing 

the biosensor tag. After installing the tag, we waited 10 minutes for sensor current to 

stabilize. Then the bird was allowed to eat in order to increase its uric acid levels.  Then 

the bird was allowed to eat in order to increase its uric acid levels. The system collected 

data for a total of one hour. Before removing the sensor tag, a second blood sample was 

taken.  
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We determined the uric acid levels of two blood samples taken before and after feeding 

the bird by using a uric acid kit reagent set (Teco Diagnostics, CA) and 

spectrophotometer (Molecular Devices LLC, CA). We compared the biosensor output 

to the uric acid level data from the uric acid kit. We then used a two-point calibration 

method for uric acid level estimation 18. For the change in uric acid levels (U) from U1 

to U2 (in mM), and the corresponding sensor output currents (I1 and I2 in nA), sensor 

Fig. 4.4: Interference effect on the response of uric acid biosensor, addition of 0.1 

mM ascorbic acid and 5 mM glucose did not result in detectable changes in 

the sensor response 
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sensitivity S will be (I2 – I1)/(U2-U1) and the theoretical sensor output I0 (which would 

be observed in absence of uric acid) will be I1-(S(G1)). 

4.4 Results and discussion 

4.4.1 In-vitro sensor characterizations 

The needle-type UA biosensor is shown in Fig. 1. Uricase catalyzes the oxidation of 

uric acid to allantoin in the presence of oxygen, producing CO2 and H2O2 

simultaneously. A 650 mV potential is applied to the Pt/Ir working electrode with 

respect to the Ag/AgCl reference electrode. Hydrogen peroxide is reduced on the 

working electrode surface when potential is applied. This generates a current which is 

then measured amperometrically. Characterization of the sensor uses 0.1 M phosphate 

buffer solutions doped with various concentrations of uric acid in the range of expected 

physiological state. 

 
2222 OHCOallantoinOacidUric

Uricase
   (1) 

   eHOOH 22222  (2) 

The sensor has a fast response time, and output current reaches steady state levels in 

less than 60 seconds. This is an important property for real-time in-vivo measurements. 

The sensor has good sensitivity for UA and the sensor output is linear from 0.05 mM 
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to 0.6 mM UA (Fig. 3). UA levels in avian blood vary from around 0.1 mM to 0.65 

mM [90], and our biosensor thus has the ability to detect the complete range of normal 

uric acid levels in birds.  The polyurethane membrane served as a rate-limiting barrier 

for diffusion of uric acid to the enzyme layer and helped to get a linear dynamic output 

current range independent of external mass transfer [65]. 

Electrochemical interference is one of the major problems in biological 

determination of uric acid since it has a similar oxidation potential to hydrogen 

peroxide. To prevent the effects of potentially interfering species, the Pt/Ir electrode 

was coated with inner membranes of alternating Nafion and cellulose acetate (CA). 

These polymers are negatively charged and inhibit the diffusion of anionic species [60, 

91]. In order to test the selectivity achieved, the performance of the UA sensor was 

tested against interference from ascorbic acid and glucose. As shown in Fig. 4.4, 

addition of 0.1 mM ascorbic acid and 5 mM glucose did not result in detectable changes 

in sensor response. We have also tested our biosensor against 0.05 mM L-cysteine and 

0.2 mM fructose, which also didn’t cause any changes in the sensor response. We 

observed slight decreases in current output from the dilution of the uric acid solution 

with ascorbic acid and glucose standard solutions, but the sensor still was able to detect 

UA reliably. Clearly, the uricase enzyme retains its activity and a good turn-over time 

after immobilization, so it has the ability to deliver fast response to small changes in 

UA concentrations. This results show that our biosensor system gives a sensitive 

response to uric acid by rejecting the interferences. 
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Fig. 4.5: (a) Effect of pH on the response of the uric acid biosensor in presence of 0.2 

mM uric acid at 25˚C. (b) Effect of temperature on the response of uric acid 

biosensor in presence of 0.2 mM uric acid in 0.1 M PBS at pH 7. Error bar 

= ±S.D. and n = 3. 
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We also tested the UA biosensor at various values of pH and temperature to 

evaluate their effects on the activity of the uricase enzyme. The pH-dependence of our 

sensor response was investigated in 0.2 mM uric acid solutions over a pH range of 5.8 

to 8.3. The experimental results indicate that the sensor’s output was dependent on pH 

of the solution and got the best response between pH 6.0 and 7.5 (Fig. 4.5a). Despite 

the fact that plasma pH does not change that much, our biosensor has the ability to keep 

its activity   against pH decrements and increments. Since the pH values of a bird’s 

blood and interstitial fluids are around 7.2 to 7.5, we can conclude that our sensor is 

likely to have good performance during in-vivo measurements [92]. The sensor’s 

response in 0.2 mM uric acid solution was also tested between 22˚C and 45˚C. Since 

higher temperatures increase the activity of the enzyme and mass transport in 

surrounding solutions, higher sensor responses were generally obtained at higher 

temperatures (Fig. 4.5b). Temperature changes in bird’s body will not cause notable 

changes in the enzyme activity. Even though temperature rises to high values, it will 

still be able to response effectively. Since the body temperatures of birds are generally 

around 40˚C [93], these results once again promise good prospects  for in-vivo 

applications of this UA biosensor. 

To test the sensor stability in storage, we measured sensor responses to 0.1 mM 

UA over a period of 3 weeks.  Fully conditioned sensors were kept in 0.01 mM PBS 

(pH 7.4) at 4˚C while not in use. The UA sensor was able to keep 75% of its activity 
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after three weeks of storage, and the loss of activity was gradual over this period, with 

no indication of any threshold decays in performance (Fig. 4.6). After preparing the 

sensor, we can store the biosensor for 3 weeks. The reason for this response decrease 

could be deactivation of the uricase (UOx) enzyme or releasing of the UOx from the 

sensing layer over time.  

To test operational stability, the sensor was stored in a 0.1M PBS solution at 

37˚C, which contained 0.1 mM UA without any applied electrical potential. After a 

Fig. 4.6: Uric acid sensor storage stability. Sensor responses were measured for 0.1 

mM uric acid. The sensor was kept in 0.01 mM PBS (pH 7.4) at 4˚C while 

not in use. Error bar = ±S.D. and n = 3. 
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week of storage, not significant change was observed in the sensor response. This 

indicates that this UA sensor could be used for continuous measurements of uric acid 

over a period of several days. 

4.4.2 In-vivo measurements of extracellular uric acid levels in a 

domestic chicken 

Although technological advances have been made in recent years for increasingly 

precise methods to measure uric acid levels in clinical and biological samples [76, 86, 

94], this is apparently the first development of an in-vivo UA biosensor. Miniature 

needle-based sensors, with simple and robust fabrication procedures [60, 62], are good 

candidates for in-vivo sensing applications, and their structure makes them suitable for 

subcutaneous monitoring [68]. The needle-type in-vivo uric acid biosensor system 

developed here is really important to fulfill the need to understand the avian 

physiological states in real-time.  

The sensing approach is based on real-time measurements in the interstitial fluid 

rather than a blood directly which helped the probe to be more free to move in response 

to movement of the bird without the worry of bleeding. The chicken fasted for 6 hours 

prior to the experiment to be able to decrease the uric acid levels 21. After inserting the 

biosensor system under the skin, sensor current stabilized within 10 minutes and the 

bird was then allowed to eat. No behavioral changes was observed in bird. The blood 

UA level was 0.1535 mM at the beginning of the experiment, and it reached 0.2511 
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mM (Fig. 4.7) at the end of the experiment. Not only the timing and size of the climb 

in uric acid biosensor output, but also having an inner membrane which prevents the 

effects of potentially interfering species, indicates that this climb was a consequence of 

feeding after fasting which effects the UA levels since it is the end product of protein 

catabolism in birds [72]. Our biosensor system was able to sense this UA level change 

in real-time successfully. The rapidly increasing uric acid levels demonstrate both that 

the sensor is sensitive and rapid-sensing and that uric acid levels in the interstitial fluid 

track those in blood closely. Through the experiment, it has been shown that the needle 

Fig. 4.7: In-vivo uric acid sensing. Sensor was placed subcutaneously under the skin 

and successfully detected uric acid level changes in domestic chicken. The 

arrow indicates where the bird was given access to feed. 
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type UA biosensor developed here can be used for in-vivo measurement of interstitial 

uric acid levels in birds. This is the first real time measurement of a blood chemical of 

a bird, which gives us an information about its physiological state. This study has a 

potential to open an innovative way to study of the physiological state of the avians. 

4.5 Conclusions and Perspectives 

In this work, we have developed a biosensor system that can continuously monitor in-

vivo subcutaneous uric acid levels of birds in real-time. The uricase-based 

amperometric needle type biosensor developed here exhibits good performance in 

detecting uric acid at physiological levels with fast response time, good sensitivity, 

long-term stability and good resistivity against interfering chemical species. The results 

confirm a promising application of biosensors for in-vivo monitoring purposes of uric 

acid in birds. The impact of the study goes beyond the state-of-the-art uric acid sensors 

giving uric acid measurements in real-time. The system developed here could open up 

a new way of studying avian behavior which would lead to a better understanding of 

avian biology by enabling the integration of precise positional tracking data with a real-

time dynamic measurement of the physiological state of the birds. 
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CHAPTER 5 

LAB ON A BIRD: BIOPHYSICAL MONITORING OF 

FLYING BIRDS 

5.1 Abstract 

The metabolism of birds is finely tuned to their activities and environments, and thus 

research on avian systems can play an important role in understanding organismal 

responses to environmental changes. At present, however, the physiological monitoring 

of bird metabolism is limited by the inability to take real-time measurements of key 

metabolites during flight. In this study, we present an implantable biosensor system 

that can be used for continuous monitoring of uric acid levels of birds during various 

activities including flight. The system consists of a needle-type enzymatic biosensor 

for the amperometric detection of uric acid in interstitial fluids. A lightweight two-

electrode potentiostat system  drives the biosensor, reads the corresponding output 

current and wirelessly transfers the data or records to flash memory. We show how the 

device can be used to monitor, in real time, the effects of short-term flight and rest 

cycles on the uric acid levels of pigeons. In addition, we demonstrate that our device 

has the ability to measure uric acid level increase in homing pigeons while they fly 

freely. Successful application of the sensor in migratory birds could open up a new way 

of studying birds in flight which would lead to a better understanding of the ecology 

and biology of avian movements. 
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5.2 Introduction 

Research on birds has served as an effective tool for ecological and evolutionary 

studies, as the metabolism of birds are finely tuned to their environments [12]. 

Development of new generations of radio-tags and data-loggers give the ability to track 

and study migratory birds by monitoring bird’s dynamic locations [8, 58, 59]. Some 

transmitters can also give information from sensors that provide information about the 

bird’s physiology such as heart rate and body temperature [95-97]. Continuous 

biophysical monitoring of birds, however, has been prevented by the absence of an 

autonomous sensor system that can make in vivo measurements on birds in flight. The 

current state-of-the-art for biophysical monitoring of birds is to take blood samples 

from the captured birds for their analysis in remote laboratories at later times [53-57]. 

This method only yields sporadic measurements of the birds’ physiological state and is 

likely to be affected by the interrupted and disruptive sample-collection procedures. 

Enzymatic needle-type in vivo biosensors have the potential for a more 

comprehensive and accurate analysis of physiological state by allowing continuous 

measurements in real time. Previously, enzymatic in vivo biosensor systems have been 

developed for measuring blood components such as glucose [60-62], cholesterol [63], 

and lactic acid [64-66]. Such sensors have also been used in animals for alcohol 

monitoring in Winstar rats [70], and glucose monitoring in fish [61]. Energy pathways 

in birds are dominated by lipid rather than carbohydrate metabolism, and somatic 

glucose level changes are not as informative as in mammalian system [71]. On the other 
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hand, uric acid is a good indicator of protein catabolism in birds since its presence in 

the body is a consequence of the breakdown of protein, either from catabolism of body 

protein or from recently digested proteinaceous food [72]. Birds primarily derive their 

energy from lipids, but some researchers have shown that there is an increase of the 

uric acid levels in birds undergoing short flights, which suggests that catabolism of 

body protein also occurs [98, 99]. Elevated uric acid levels after flying events have 

been observed in flying knots [98] and pigeons [100]. Our group has previously 

developed a needle-type enzymatic sensor system suitable for real-time amperometric 

monitoring of interstitial uric acid levels over the expected physiological range in 

domestic chickens [101]. In that work, besides characterizing the uric sensor 

performance in vitro, the effect of fasting and feeding events on the chickens’ uric acid 

levels was successfully monitored in vivo with high sensitivity, thereby demonstrating 

the potential of the sensor system in studying avian systems. However, the significant 

weight and size of the device limited its use to non-flying chickens whose motions were 

greatly restricted. 

We present here the Lab-on-a-Bird, an implantable lightweight biosensor 

system suitable for measurement of interstitial uric acid levels in flying birds in vivo. 

The system consists of a needle-type enzymatic biosensor for the amperometric 

detection of uric acid, and a two-electrode potentiostat system that drives the biosensor, 

reads the corresponding output current and wirelessly transfers the data or records to 

flash memory. In the following sections, we introduce the Lab-on-a-Bird and discuss 
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the preparation of its major components. We then demonstrate the application of the 

device in measuring uric acid levels in pigeons undergoing flights of varying durations. 

5.3 Methods 

5.3.1 System design and assembly  

The Lab-on-a-Bird system shown in Fig. 5.1 and 5.2 consists of a needle-type biosensor 

for the amperometric detection of interstitial uric acid levels, and a two-electrode 

potentiostat system for driving the biosensor and collecting the data. Those two main 

components, along with a high capacity lithium polymer battery (3.7V, 40mA; 

Sparkfun Electronics, CO) are integrated inside a custom package. The entire system 

weighs approximately 6.5 g, which is well under 4% of an average pigeon’s weight and 

allows for long-term tag-attachment without limiting their motion.  

The lightweight two-electrode potentiostat system shown in Fig. 5.1b combines 

a low-power microcontroller (“MCU”; MSP430F2274 Texas Instruments, TX), a 

micro-power analog voltage reference (Intersil, CA), amplifiers (Maxim Integrated, 

CA), and filter blocks. The circuit drives the biosensor at 0.6 V through the low-power 

voltage reference and reads the corresponding ultra-low output current of the sensor (1 

to 20 nA). A four-layer PCB board was designed and the circuit was built with a 

minimum number of components to decrease the weight of the total tag by keeping the 

circuit board area small. The potentiostat system is capable of recording the data to 
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internal flash memory or transmitting to a base station using an integrated CC2500 2.4 

GHz wireless transceiver. 

5.3.2 Uric acid biosensor preparation  

The needle-type biosensor shown in Fig. 5.3a consists of two electrodes of platinum-

iridium (Pt/Ir) wire and silver-silver chloride (Ag/AgCl) paste, and a sensing cavity on 

which uricase enzyme is immobilized. Detailed procedures for the biosensor 

fabrication and characterization are reported in our previous work [101]. Briefly, a 

Teflon coated Pt/Ir (10%) wire (0.125 mm o.d.; Advent Research Materials Ltd, 

Oxford, England) was stripped at one end to create a sensing cavity of 1 mm and the 

Ag wire (0.1 mm o.d.; Sigma Aldrich, St. Louis, MO) was wrapped around the Teflon 

coated surface. To create a reference/counter electrode, Ag/AgCl paste (CH 

Instruments Inc, USA) was applied onto the sensor body. To minimize the effects of 

interfering chemical species (e.g. ascorbic acid or glucose), the working electrode was 

coated with an inner membrane composed of Nafion and cellulose acetate. Prior to their 

in-vivo application, the uric acid sensors were characterized in vitro in a 1.5 mL cell 

that initially contained 0.1M PBS (pH 7.4) with saturated oxygen levels at room 

temperature (25 ˚C). The solutions of uric acid and/or interferents were injected into 

the cell and the corresponding sensor output was recorded for the calibration. The 

sensors were stored in 0.01 M PBS (pH 7.4) at 4 ˚C when not in use. 
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Fig. 5.1: a) The Lab-on-Bird system consisting of microcontroller, read-out circuitry, 

high capacity li-po battery and needle-type uric acid biosensor. b) Two-

electrode potentiostat system for driving the biosensor and collecting the 

corresponding data.  
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5.3.3 In vivo sensor installation and calibration  

The Lab-on-Bird system was implanted on the back of pigeons as shown in Fig. 5.2 

and 5.3. In order to measure the uric acid levels in vivo, the needle type biosensor 

component of the Lab-on-a-Bird remained inside the subcutaneous tissue of the pigeons 

for interacting with the interstitial fluid. For the biosensor installation, a few feathers 

in the dorsal feather tract, anterior of the uropygial gland, were clipped at their bases 

Fig. 5.2: A pigeon with Lab-on-a-Bird system installed. The entire system weighs 

approximately 6.5 g, which is well under 4% of an average pigeon’s weight 

and allows for long-term tag-attachment without limiting their motion. 
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and the exposed skin was disinfected using Betadine antiseptic solution (Purdue 

Pharma, L.P., NJ). As shown in Fig. 5.3a, a 20-gauge catheter consisting of an outer 

polyurethane layer and an inner puncture needle (Terumo Medical Corporation, NJ) 

was inserted 1 cm subcutaneously. The inner puncture needle was then removed, and 

the outer layer of flexible polyurethane was cut just outside the skin surface. This 

created a cavity into which the needle type biosensor could be inserted. It and the 

surrounding remnant of the polyurethane catheter were secured to the skin with a ca. 2 

cm X 4 cm piece of sterile Tegaderm® film (3M Corporate, MN). The custom 

packaging of the Lab-on-Bird system was attached on top of the sensor on the bird’s 

back with a Rappole harness [89] made of dental floss or Stretch Magic© beading 

string. The harness ran around the bird’s femurs and stably immobilized the Lab-on-a-

Bird on the back of pigeons upon being fastened. Both the biosensor and battery were 

freely exchangeable, thus one Lab-on-a-Bird circuit could serve in multiple sensing 

applications with the exchange of fresh sensors and batteries. After installing the tag, 

we waited for 10 minutes for sensor current to stabilize. 

Blood samples from pigeons were taken into heparinized blood collection tubes 

(Sarstedt CB-300) for biosensor calibration. For mid-range flying homing pigeon 

experiments, the blood samples were refrigerated immediately upon collection for 

further analysis in the lab. For short-term flying pigeon experiments, the blood samples 

were centrifuged at 6000 x g for ten minutes and then plasma was frozen at -86 °C. 

Uric acid concentration was measured using uric acid kit reagent sets (Teco  
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Fig. 5.3: a) Installation of the needle-type biosensor component of the Lab-on-a-Bird 

into the subcutaneous tissue of the pigeons for interacting with the 

interstitial fluid. b) A pigeon while installing the Lab-on-a-Bird system on 

the back of pigeon. 
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Diagnostics, CA or Wako Diagnostics, VA) and a spectrophotometer (Molecular 

Devices LLC, CA). Those uric acid levels were correlated to the biosensor output from 

the in vivo experiments using the one-point calibration method [102]. Here, the sensor 

sensitivity (S) is the ratio of the sensor output current (I), and the blood uric acid 

concentration (U). The uric acid concentration was estimated at any time from the 

sensor current I as U(t) = I(t) / S. 

5.4 Results and Discussion 

To evaluate the performance of the Lab-on-a-Bird system, we implanted the Lab-on-a-

Bird on pigeons and used it to monitor changes in uric acid levels under two different 

flight conditions: short-range and mid-range flying. In order to see the effects of 

different intensities of exercise on the birds’ uric acid levels and demonstrate the 

reversibility of the biosensor system, pigeons were studied under short-range flight and 

rest cycles in a constrained environment. Here we also examined the wearability of the 

Lab-on-a-Bird on flying birds. We then tested our device on homing pigeons for mid-

range free flight experiments in the open sky to demonstrate the application of the Lab-

on-a-Bird for longer term operations. All animal care procedures were approved by the 

Cornell University Institutional Animal Care and Use Committee (IACUC) with the 
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consultation of veterinarians from Cornell’s Center for Animal Resources and 

Education and/or by the University of Western Ontario Animal Use Subcommittee. 

5.4.1 Short-range flying pigeon experiments 

As shown in Fig. 5.4, the short-range flight experiments were conducted in a room with 

two platforms at opposite ends. When released in the room, the pigeons would fly to 

one of these platforms and stand on them. With the approach of a researcher to that 

platform, accompanied by a click-note from the researcher, the trained pigeon would 

fly to the opposite platform on the other end and remain there until the next researcher 

approach. As a convention, we have designated one flight routine to be the pigeon’s  

 

Fig. 5.4: Experimental setup for short-range flight experiments, a room with two 

platforms at opposite ends.  
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Fig. 5.5: a) Whole experiment data of short-range flight experiments. b) Last part of 

the experiment calibrated with the blood sample taken at the end of the 

experiment. Color codes represents as Yellow: 10 flight routines, Red: 20 

flight routines, and Blue: 30 flight routines. Uric acid biosensor response 

increases when bird starts flight routines and decreases when rests. 
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flight to one platform and back to the original platform. We repeated this scheme for 

10, 20 and 30 flight routines followed by resting periods. As described in more detail 

in our previous work [101], the interstitial uric acid is enzymatically reduced by the 

immobilized uricase enzyme of our needle-type sensor and converted into a measurable 

current output. Thus we expect that the biosensor output trends with the pigeon’s 

interstitial uric acid levels. Here the sensor output was related to the uric acid levels by 

the one-point calibration using blood samples which we took immediately after the 

experimental flights. 

There are three kinds of oxidative fuels in working muscles: carbohydrates, 

lipids, and proteins [103]. For endurance flights, fuel substrates are provided from 

sources outside the flight muscles such as adipose tissue [103]. Lipids stored in adipose 

tissue are the main fuel during long-term flights since it can deliver higher energy [98, 

100]. On the other hand, for short-term flights, there are some constraints on fat 

mobilization and delivery, and therefore other fuel types can often be used [103]. 

Especially at take-off and during short flights, small muscular and hepatic carbohydrate 

stores are used [98]. We suggest that, for short-term flight routines, pigeons also use 

readily available proteins that have been stored in the muscle tissues. By keeping birds 

inactive after flight, they can adapt their metabolism to a new situation by reducing fat 

and protein utilization [71, 99]. As can be seen from Fig. 5.5a and 5.5b, the uric acid 

biosensor response increases when the pigeon starts its flight routines and decreases 
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while it rests. The pigeons may switch their energy usage mechanism depending on the 

distances of their travel. 

5.4.2 Mid-range flying homing pigeon experiments  

For the mid-range flying experiments, the Lab-on-a-Bird systems were installed on 

pigeons that were initially kept 30 miles away from their home and observed their uric 

acid level changes while they flew back home. Homing pigeons were trained one week 

before the actual experiment with dummy tags installed on them, which weighed 

around the same as the Lab-on-a-Bird devices (~ 6.5 g). This helped them get used to 

the tag and minimized the physiological alterations associated with their flying with 

foreign systems on the back. Before the releasing the pigeons, a blood sample was taken 

for determination of the uric acid levels. This data was then used for one-point 

calibration of the biosensor data. Biosensor read-outs were recorded to internal flash 

memory of the microcontroller in real-time while pigeons were flying. 

Uric acid is a good indicator of protein catabolism in birds since its presence in 

the body is a consequence of the breakdown of protein, either from recently ingested 

proteinaceous food or from catabolism body protein [72]. We have previously 

demonstrated the sensing ability of needle-type biosensor system by collecting the in 

vivo extracellular uric acid measurements on a domestic chicken [101]. Uric acid levels 

increased after feeding the chicken with proteinaceous food and our biosensor was able 

to detect this change with fast response time and good sensitivity. 
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 Although birds primarily derive their energy from lipids, some researchers 

have shown that there is an increase of the uric acid levels in birds undergoing short 

flights, which suggests that catabolism of body protein also occurs.[98, 99] Elevated 

uric acid levels after flying events have been observed in flying knots[98] and 

pigeons[100]. As can be seen in Fig. 5.6, we have successfully observed this uric acid 

increase on homing pigeons during the first 35 minutes of the pigeon’s flight back 

home. Even though there were no technical limitations for longer experimental trials 

Fig. 5.6: Mid-range flight experiments. The Lab-on-a-Bird systems were installed on 

homing pigeons and uric acid level changes were observed while they flew 

back home. 
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and measurements, the recording time of the tags was cut short when the birds flew 

into a rain-storm on the way back home. The prototype tags used in this experiment 

were not potted or coated to make them robust to rain. However, through the 

experiment, we have demonstrated that the needle type uric acid biosensor developed 

here can be used for in vivo measurement of interstitial uric acid levels in flying birds. 

Here for the first time, a biosensor system was installed on a flying bird to understand 

the relationship between energy consumption and real-time change in the uric acid 

levels while they fly. 

5.5 Conclusions and Perspectives 

In this work, we have developed the Lab-on-a-Bird, an implantable biosensor system 

which has the ability to measure uric acid levels in flying birds in vivo. We have 

successfully observed real-time changes in uric acid levels of flying pigeons. These are 

the first real-time measurements of a blood chemical of flying birds, which could be an 

indicator of their physiological states. These results confirm the promising application 

of the biosensor system for long term in vivo monitoring of birds, which could open a 

new way of studying birds in flight which would lead to a better understanding of the 

ecology and biology of avian systems. In the future, the Lab-on-a-Bird system can be 

further improved by multiplexing it for the detection of different analytes. Also by 

decreasing the weight of the system, smaller bird species could be studied. 
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CHAPTER 6 

SMARTPHONE-ASSISTED SOLAR THERMAL POINT-

OF-CARE DIAGNOSTIC DEVICE FOR CHOLERA 

DETECTION 

6.1 Introduction 

Vibrio Cholerae is a comma-shaped, gram negative bacterium which is the cause of an 

acute diarrheal disease in humans called “Cholera”. Infection can be caused by 

ingestion of contaminated food or water with the cholera bacterium which might cause 

death through extreme dehydration and electrolyte disturbances if left untreated. There 

are an estimated 3-5 million cholera cases over the world every year and 100,000-

120,000 of them come to an end as deaths. Cholera has a relatively short incubation 

period varying between two hours to five days, which can potentially cause the rapid 

outbreaks [104].  

 Even though up to 80% of the cases can successfully be treated with oral 

rehydration salts, high death rates indicate that early and rapid detection of cholera is 

necessary to prevent spread of disease, increase the efficiency of treatments and 

decrease the intensity of epidemics. Traditional methods to identify V. Cholerae 

involving cultural, biochemical, and immunological assays are time-consuming and 
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laborious [105, 106]. There are commercially available rapid detection tests such as 

SMARTTM test [107-110] and the Crystal VC® dipstick test [110-113], however they 

have sensitivity and specificity limitations [110, 111]. Point-of-care (POC) detection 

methods give us the ability to carry out the testing near the site of the patients without 

a need for hospitals and centralized laboratory-based environments. Advanced POC 

detection methods have been demonstrated for cholera detection, however these 

methods still need sample preparation steps consisting of centrifugation and some 

reagents that need to be refrigerated [114, 115]. There is a great need for a complete 

POC diagnostic device that can do all the sample preparation and detection steps in the 

field without the need for extensive laboratory equipment and an infrastructure-

provided energy source. 

 Nucleic acid based detection methods such as the polymerase chain reaction 

(PCR) have been extensively developed for the diagnosis of genetic markers of diseases 

with high sensitivity and specificity [116, 117]. Miniaturization of these systems has 

led to the use of them for POC diagnostic applications with the goal of integration of 

sample processing, nucleic acid amplification, and detection systems in one package 

[118, 119]. There are examples of integration of all the analytical steps such as lysis, 

DNA extraction and purification on a single device [120-123]. Recently, researchers 

have also developed a solar thermal PCR system which removes the power 

requirements for thermal cycling, enabling a 100-fold reduction in power consumption 

[124].  
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Fig. 6.1: Cholera-Detect system that introduces solar thermal DNA extraction 

method using solar-incubator which uses the sunlight to thermally lyse the 

bacteria to get the genetic information out of the cell. 
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Even though there exist available on-chip assays for POC molecular 

diagnostics, pre-sample preparation steps such as target extraction and isolation have 

yet to be investigated sufficiently to be able to reach the ultimate goal for a POC genetic 

analysis device which has sample-in-answer-out capabilities [125]. Sample preparation 

is one of the most critical steps of POC assay developments for analytes present in 

complex matrices such as stool. High concentrations of interfering species (e.g., 

proteins, enzymes) can be a problem at the detection step when working with real 

biological and clinical samples. To develop a fully integrated POC device, rapid and 

robust sample preparation techniques which don’t need extensive laboratory equipment 

and reagents are necessary. Preparation of samples for downstream applications of 

diagnostic devices should be minimized and simplified, therefore making it more easily 

implemented in the field. 

Fig. 6.2: Solar-PCR cartridge that fits into the interchangeable cartridge area of the 

Cholera-Detect system. 
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Fig. 6.3: Temperature measurements of the water inside the a) 0.5 mL b) 

0.2 mL microcentrifuge tubes.  
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In this study, we have developed a Cholera-Detect system that introduces a solar 

thermal DNA extraction method using a solar-incubator, which uses the sunlight to 

thermally lyse the bacteria in order to extract the genetic information out of the cell. 

We have also used ChargeSwitch® magnetic microparticle-based technology to 

provide rapid and efficient DNA purification. We have then used isolated CTX DNA 

for downstream solar-PCR DNA amplification, previously developed by Jiang et al., 

which combines solar heating with microfluidics to eliminate thermal cycling power 

requirements as well as create a simple device infrastructure for PCR. The Cholera-

Detect system developed here has the ability to integrate simple DNA extraction and 

isolation capabilities from complex stool samples with solar-PCR amplification and 

smartphone assisted diagnosis of the results. We believe that exploiting the solar 

thermal energy as demonstrated here could give us the ability to carry out genetic 

analysis on the field without a need for hospitals and centralized laboratory-based 

environments.  

6.2 Results and Discussion 

6.2.1 Development and characterization of solar-incubator 

The solar-incubator shown in Fig. 6.1 has the ability to lyse the bacteria thermally using 

sunlight and get the genetic information out of the cell. Black polycarbonate material 

was used as an absorber layer and also a holder for microcentrifuge tubes. Sunlight was 

focused using lenses and converted into heat by the absorber layer. A microcentrifuge  
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Fig. 6.4: a) Solar-incubator while operating at the outside where its temperature 

increases to 105 ̊ C within 5 minutes after focusing sunlight. b) Temperature 

of the sample inside the microcentrifuge tube increases above 95 ˚C to 

realize the thermal lysing of the bacteria.  
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tube (0.5 mL or 0.2 mL) is attached to solar-incubator as shown in Fig. 6.1. The 

temperature of the liquid inside the tube can easily get up to 95 ˚C within 5 minutes 

(Fig. 6.3).  

 We have designed the solar-incubator from black polycarbonate thermo-plastic 

with high melting temperature (155 ̊ C) which makes it a good material as an absorption 

layer. A drilled hole through solar incubator for 6 mm helped to measure its temperature 

using thermocouple which was then correlated with the solution temperature of the 

liquid inside microcentrifuge tube. Operation of the solar-incubator at the outside can 

be seen in Fig. 6.4 where its temperature increases to 105 ̊ C within 5 min after focusing 

the sunlight. We have also analyzed the solar-incubator’s temperature characteristics 

using COMSOL Multiphysics simulations. The heat transfer model includes black 

polycarbonate absorption layer, and polypropylene microcentrifuge with water inside. 

From simulations, we were able to see that polycarbonate material successfully 

distributes and delivers the heat absorbed from the sunlight and allow the liquid inside 

the microcentrifuge tube to heat up to desired lysing temperatures (Fig. 6.5 and Fig. 

6.6).  

6.2.2 Solar thermal PCR 

Introducing sunlight to realize PCR reactions eliminates the energy burden for nucleic 

acid amplification while performing thermal cycling [124]. 

 



82 

 

 

 

 

 

 

Fig. 6.5: Temperature simulations for solar-incubator. Polycarbonate material 

successfully distributes and delivers the heat absorbed from the sunlight.  

Temperature of the liquid inside the microcentrifuge tube to heat up to the 

desired lysing temperatures.  
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Fig. 6.2 shows solar-PCR cartridge that fits into the interchangeable cartridge area of 

the Cholera-Detect. Solar-PCR systems used here was previously developed in our 

laboratory to detect Kaposi Sarcoma [124]. A 75 mm diameter glass lens focuses light 

to the solar-PCR or solar incubator devices. Three thermocouples are inserted into the 

solar-PCR chips and one to the solar-incubator to measure the on-chip temperatures 

throughout the test by a custom smartphone app (Fig. 6.8). By changing the lens 

distance to the chips, desired temperatures can be achieved. Within the cholera genome, 

part of the DNA that codes for cholera toxin B was chosen as our target DNA. Specific 

Fig. 6.6: Cross-sectional temperature distributions of solar incubator.  
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primers for this sequence were chosen using BLAST Primer Design, and ordered from 

Integrated DNA Technologies Inc. (Coralville, IA) (Table 6.1).  

6.2.3 DNA extraction and isolation using sunlight and magnetic 

microparticles 

Bacterial lysing is the first step for DNA analysis and involves releasing of the genomic 

materials and other cellular content by disassembling of the cellular membrane. 

Different lysing methods have been successfully demonstrated for POC applications 

Fig. 6.7: Bacterial DNAs were isolated with the ChargeSwitch® gDNA Mini 

Bacteria Kit which uses magnetic microbead-based technology to provide 

rapid and efficient purification of DNA. Surface charge of the magnetic 

microbeads can be changed by altering the pH of the surrounding solution. 
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such as chemical lysis, thermal lysis, and lysing by mechanical forces or electrical 

pulses [126]. The advantage of thermal lysing is that no extra lysing reagents are needed 

that may interfere with downstream reactions and also may require refrigeration. 

Thermal lysing has been incorporated into microfluidic devices to perform on-chip 

lysis [127, 128] and some of them also include nucleic acid extraction capability which 

helps to isolate the nucleic acid from other cell components [129]. 

 Isolation of nucleic acids is an important step since un-isolated samples may 

contain inhibitors that interfere with PCR or other target amplification processes [130]. 

Isolation can also help with target enrichment and increase the nucleic acid 

concentrations for sensitive detection [119]. DNA extraction and isolation in the same 

device for complex clinical samples like stool is still a remaining challenge for POC 

devices. Recently researchers have investigated minimal preparation needs for stool 

samples and their effect on cholera toxin detection results using microfluidic 

Table 6.1:   Probe and target sequences for cholera toxin B gene detection. 



86 

 

immunosensor [115]. However, sample preparation consisted of centrifugation or 

vacuum manifolds would not be appropriate for POC diagnostic applications where 

laboratory-based equipments are not reachable. 

Here, we have developed a Cholera-Detect system that has 4 main components: 

First, a solar-incubator for lysing the bacteria thermally by using sunlight and extracting 

DNA out of the cell for further genetic analysis; second, a magnetic microparticle-

based DNA isolation which uses ChargeSwitch® technology to provide rapid and 

Fig. 6.8: Smartphone app and process flow for the Cholera-Detect system. 
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efficient purification of DNA; third, solar-PCR based DNA amplification which uses 

the sunlight to realize PCR reaction which eliminates the energy burden for nucleic 

acid amplification while performing thermal cycling; and finally, smartphone assisting 

to the system for temperature measurements of the solar-incubator and solar-PCR 

devices, pump controls while PCR reactions and taking images of the results at the end 

and analyzing them to be able to do the diagnosis.  

Fresh dog stool samples were collected from College of Veterinary Medicine, 

Cornell University, and stored at 4 ˚C when not in use in order to minimize the growth 

of the bacteria. After diluting the stool samples with 1X phosphate buffered saline 

(PBS) solution, they were spiked with fresh Escherichia coli (E. coli) HM109 bacterial 

Fig. 6.9: Thermal cycler and solar-PCR amplification results. 1) and 2) are thermal 

cycler amplification. 3) CtxB DNA was successfully extracted and isolated 

from stool samples and amplified with solar-PCR. 4) Amplification of water 

(negative control).  
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culture which were previous transformed with pIDTSMART-AMP:ctxB (plasmid with 

complete cholera toxin B gene, Table 6.1) plasmid to get bacterial numbers around 

10x106 CFU/ml. Spiked stool samples were used for the experiments directly. To 

achieve bacterial lysing, 150 µL of spiked stool sample was transferred into 0.2 mL 

microcentrifuge tube and thermally lysed for 10 minutes at around 95 ˚C. Bacterial 

DNAs were then isolated with the ChargeSwitch® gDNA Mini Bacteria Kit which uses 

magnetic microbead-based technology to provide rapid and efficient purification of 

Fig. 6.10: Amplification results where samples extracted and isolated with Cholera-

Detect system. There were no results in the case of no-isolation because of 

the inhibitors inside the stool sample. 
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DNA. Magnetic microbeads are coated with an ionizable functional group whose 

affinity for nucleic acids is pH dependent, in order to facilitate nucleic acid isolation 

without the need for hazardous chemicals, centrifugation, or vacuum manifolds. Lysed 

stool samples are mixed with 15 µL magnetic microbeads with binding solution (pH < 

6.0) to bind the DNA to magnetic microbeads. After incubating at room temperature 

for 1 min, beads were collected with small magnet for 1 min until the beads formed a 

tight pellet. After removing the supernatant, 250 µL wash buffer was added, (pH = 7.0) 

and mixed gently.  Beads were again collected with the magnet for 1 minute, and 

supernatant were removed. To be able to elute the DNA from beads, eluting buffer (pH 

= 8.5) was added and mixed gently. To increase the elution efficiency, the solution was 

Fig. 6.11: Smartphone-based fluorescent detection setup. Images were taken and 

analyzed using smartphone. 
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incubated at 60 ˚C for 5 minutes using solar incubator. Then beads were collected with 

magnet again and supernatant containing DNA was transferred to a clean 

microcentrifuge tube for PCR amplification reactions. For characterization 

experiments, a solar simulator setup was used which consists of a 100 W white LED 

lamp and lens, a cooling fan, an aluminum heat sink and 2 extra light collimation lenses. 

We used a regular thermal cycler to analyze the results to characterize the system. We 

have also successfully amplified the extracted and isolated samples using solar-PCR 

(Fig. 6.9). A Flashgel Electrophoresis system was used to analyze the amplified DNA. 

As can be seen from the results in Fig. 6.10, we were able to successfully extract and 

isolate DNA from both ctxB plasmid, and transformed E.coli spiked stool using the 

Cholera-Detect system, where we obtained no results if there was no isolation probably 

because of the inhibitors inside the stool sample. Smartphone-based fluorescent 

detection setup was used to take and analyze the images of the amplified nucleic acids 

(Fig. 6.11).  

 

6.3 Conclusions and Perspectives 

The study presented here focused on the application of solar thermal power for bacterial 

DNA extraction, isolation and amplification in stool samples for POC molecular 

diagnosis applications. The solar-incubator is a great tool for thermal lysing of bacteria, 

with the ability to heat up to 95 ˚C within 5 minutes. The Cholera-Detect system 

developed here gives us the ability to do rapid and on field molecular diagnosis of 
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cholera without the need for extensive laboratory equipments, chemicals and an 

infrastructure-provided energy source which would potentially make it possible to 

improve health care in outbreak situations.  
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CHAPTER 7 

CONCLUSIONS AND DISCUSSIONS 

In the first part, we have investigated a conducting polymer device that achieves 

a continuum of microenvironments for cell growth to affect the migration behaviour of 

bovine aortic endothelial cells. Marked differences were observed as a function of 

location along the polymer stripe, and a 3-fold variation is achieved in cell migration 

speed and directional persistence time. Directional cell migration along the conducting 

polymer stripe was induced. A gradient in adsorbed fibronectin indicates that a spatial 

variation in cell adhesion is at play. Compared to other techniques that are used to 

control cell behaviour, the device discussed here offers the advantages of simplicity 

and electrical control, and might yield a useful tool for cell biology. Migration can be 

slowed down or accelerated, enabling the study of the signal transduction mechanisms 

governing cell speed, extension, sensing and directionality. Because these are the same 

cell behaviours critical to multiple biological processes, including cancer cell 

metastasis, inflammatory response, wound healing and embryonic development, 

implementing such a device could lead to the identification and study of molecular 

targets mediating these processes. In the future, actively switchable pixelated 

microdevices can be implemented to control cell behaviors more precisely.  
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 In the second part, we have developed a real-time in vivo uric acid biosensor 

system, Lab-on-a-Bird, for biophysical monitoring of birds. The metabolism of birds 

is finely tuned to their activities and environments, and thus research on avian systems 

can play an important role in understanding organismal responses to environmental 

changes and ecological investigations. After characterization of the sensor system, we 

demonstrated the autonomous operation of the system by collecting in vivo 

extracellular uric acid measurements on a domestic chicken. We then show how the 

device can be used to monitor, in real time, the effects of short-term flight and rest 

cycles on the uric acid levels of pigeons. In addition, we demonstrate that our device 

has the ability to measure uric acid level increase in homing pigeons while they fly 

freely to back home. Successful application of the sensor in migratory birds could open 

up a new way of studying birds in flight which would lead to a better understanding of 

the ecology and biology of avian movements. Lab-on-a-Bird system can be further 

improved by multiplexing the detection capability for different analytes. Also by 

decreasing the weight of the system, smaller bird species can be studied.  

 Finally, we have presented a Cholera-Detect system for point-of-care detection 

of Vibrio Cholerae which is a comma-shaped, gram negative bacterium and the cause 

of an acute diarrhoeal disease in humans called “Cholera”. Even though up to 80% of 

the cases can be successfully treated with oral rehydration salts, around 100,000 – 

120,000 of the cases come to an end as deaths. This indicates that early and rapid 

detection of the cholera is necessary to prevent spread of disease, increase the 



94 

 

efficiency of treatments and decrease the intensity of epidemics. Cholera-Detect system 

developed here has the ability to do rapid, and on-field molecular diagnosis of cholera 

without need for extensive laboratory equipment and chemicals which would 

potentially make possible improved health care in outbreak situations. The main 

advantage of the Cholera-Detect system is to exploit the sunlight for nucleic acid 

extraction, isolation and amplification which eliminates the need for some of the 

required equipments and chemicals. Cholera-Detect systems capability can easily be 

extended to detect other diseases by changing the molecular markers. Solar thermal 

power can also be used for other molecular diagnosis techniques such as isothermal 

amplification of DNA.  
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