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Lay abstract  

Point of care (POC) diagnostics are expected to improve the quality of healthcare by enabling early 

diagnostics, improved prognostics, and enhanced treatment selection and monitoring. To realize 

this, POC devices must be integrated, easy to use, sensitive, specific, and cost-effective. Despite 

research efforts a real-time continuous multiplexed system for bacterial detection is lacking. 

Therefore, this thesis addresses several key challenges in biosensing and real-time continuous 

pathogen detection by developing innovative approaches using nano engineering, RNA-cleaving 

DNAzymes, electrochemical microfluidic integration, and biomimetic microfluidic designs. We 

first explored the impact of surface structure on real-time DNA hybridization kinetics in complex 

media, identifying specific conditions under which nanostructures enhance sensitivity.  Building 

on this, we developed a rapid, real-time electrochemical microfluidic system for detecting 

Legionella pneumophila, a dangerous pathogen found in fresh and potable water systems. Current 

systems either do not meet the required limit of detection or are limited to specific serotypes, 

precluding other pathogenic serotypes. The electrochemical microfluidic system performed highly 

sensitive detection across multiple serotypes, meeting regulatory standards and enabling real-time 

pathogen identification across a panel of other waterborne species, offering a continuous, real-time 

detection alternative to slow, traditional culture-based methods. The final objective was to draw 

inspiration from nature to design microchannels able to deliver uniform flow and molecules to the 

biosensing areas for multi-analyte detection in silico. Both inspired and optimized designs 

demonstrated great uniformity in DNA hybridization, confirming the hypothesis that these designs 

are inherently proficient in equal distribution. Together, these innovations contribute to the future 

of rapid, sensitive, and multiplexed POC diagnostic platforms. 
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Abstract 

Pathogen surveillance and monitoring is the first line of defense in avoiding diseases and adverse 

outcomes. Point of care (POC) diagnostic devices have made huge strides to achieve that, however, 

advancements are still required in order to expand the use of portable devices in environmental, 

food, and clinical diagnostics.  

In this work, we address critical challenges in biosensing and pathogen detection through three 

innovative approaches: (i) enhancing the understanding of the impact of nanostructures in DNA 

hybridization kinetics, (ii) developing a rapid real-time detection system for Legionella 

pneumophila using functional nucleic acids as biorecognition elements and DNA barcodes as 

detection barcodes, and (iii) applying biomimicry in microfluidic designs for uniform velocity and 

DNA hybridization in multiplexing. 

We first designed a wash and reagent free in situ electrochemical assay to investigate the role of 

planar and nanostructured surfaces on real-time DNA hybridization kinetics in buffer and complex 

media (blood, urine, and saliva). We then conducted continuous measurements to understand how 

these surface modifications influence electroactive DNA hybridization on the surface under a wide 

range of probe densities (low, medium, high) and target concentrations (0.01-1 µM). The results 

show that the effectiveness of nanostructures in enhancing electrochemical sensing depends on the 

probe/target concentration regime and the medium used in biosensing. Specifically, nanostructures 

were most beneficial in certain target concentration ranges (0.1-1 µM), with enhancing biosensing 

in all complex media compared to planar surfaces. 

We then utilized these nanostructures in engineering a rapid and accurate system for the detection 

of L. pneumophila in cooling tower water - a key factor in preventing Legionnaires' disease. To 
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overcome the limitations of existing technologies (cell culture, enzyme-linked immunosorbent 

assay (ELISA), and polymerase chain reaction (PCR)), we designed an RNA-cleaving DNAzyme 

(RCD) electrochemical assay coupled with magnetic beads, fully housed within microfluidics. 

This system allows for real-time monitoring by programming RCDs to release an electroactive 

DNA barcode upon encountering L. pneumophila targets. The barcode is detected by an integrated 

sensor, achieving a limit of detection of 1.4 × 10³ CFU/mL in buffer and 1.9 × 10³ CFU/mL in 

cooling tower water in 3 hours. This system meets regulatory requirements and enables precise 

identification of L. pneumophila among other waterborne bacteria and L. non-pneumophila 

species. 

Finally, we leveraged biomimicry to design microchannel systems inspired by the efficient 

transport mechanisms found in human spinal vertebrae and leaf veins network. By replicating and 

scaling these natural structures, we developed the bio-inspired microfluidic designs that optimize 

flow uniformity and DNA capture in Silico. Our optimized designs achieved a coefficient of 

variation for flow velocity of 0.89% for spine-inspired and 0.86% for leaf veins-inspired 

microchannels compared to 14.68 % and 59.81 % for the unoptimized designs. Additionally, these 

designs were compared with a simple branched design for uniform DNA capture, using the kinetics 

parameters extracted from our first objective. The bio-inspired designs demonstrated high DNA 

capture uniformity, achieving stabilization up to 10 times faster under varying conditions than a 

simple branched design.  

Ultimately, this work offers significant advancements in optimizing three crucial aspects of POC 

diagnostics i) surface reaction kinetics, by studying and identifying the conditions best suited for 

planar and nanostructured surfaces in both buffer and complex media, ii) mass transport, by 
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investigating flow effects on biorecognition and detection, and determining the optimal conditions 

for biosensing, ii) and electrochemical biosensing and microfluidics integration and design, by 

utilizing the optimized parameters for nanostructured surface and develop a rapid, continuous, and 

real-time microsystem for L. pneumophila detection meeting the regulatory standards. For the 

second generation of this microsystem, the two bio-inspired designs will enable multiplexed 

detection of various pathogens. These contributions collectively are pivotal to the development of 

next generation POC diagnostics, with broad applications in environmental, clinical, and food 

safety monitoring. 
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Chapter 1 Introduction  

Preface: This chapter provides an overview of point of care diagnostics, delving into the electrochemical 

biosensing and microfluidics technology integration, their application, advantages, unmet needs, and 

highlights recent advancements in the field, as reported in both academic literature and the marketplace. 

Additionally, this chapter justifies the design and methods used in the subsequent chapters to overcome 

these limitations, also outlining the motivation, objectives, and overall organization of the thesis.  

1.1 Introduction to point-of-care (POC) diagnostics  

Conventional diagnostic methods require sample collection, transportation of the sample to a specialized 

laboratory run by trained personnel, interpreted and delivered by medical professionals. This chain 

typically requires days to weeks to administer the required interventions [1]. Additionally, this approach 

is non-portable, high cost, has a long turnaround time that cause significant delays in clinical decision 

making, increased risk of complications, prolonged hospital stays, and emotional stress for patients [2]. 

These challenges inspired the innovation of point of care (POC) diagnostics, which deliver care at or near 

the patient [3, 4]. Care is administered at various settings, including clinics, hospitals, fields, or homes to 

diagnose or monitor analytical targets [3] such as electrolytes, cells, microorganisms, proteins, or nucleic 

acids detected in bodily fluids or environmental samples [3].  POC diagnostics address these needs by 

providing an effective and decentralized solution, reducing the burden on conventional diagnostic 

methods.  

POC diagnostics primary goal is to make health monitoring and detection more accessible. This facilitates 

efficient and convenient health maintenance, disease diagnosis, and therapy monitoring [3]. Additionally, 

POC diagnostics ensure the safety of food and water, as well as their compliance with laws and regulations 
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[3]. POC diagnostics require minimal operational training and provide easily interpretable results, often 

represented by color changes or digital numeric ranges, within a short timeframe ranging from minutes to 

hours [5]. The POC ecosystem is built around four key components, (i) assay chemistry development, (ii) 

assay integration, (iii) connected instrumentation, and (iv) data analytics [5]. These elements work 

together to create a comprehensive framework that enable rapid on-site testing, while reducing costs and 

replacing traditional cell culture and labor-intensive lab methods [2].  

Among the most common types of POC devices are paper-based platforms such as lateral flow tests that 

offer convenience, affordability, and portability [4, 6]. This can be observed by the SARS-CoV-2 lateral 

flow test which allows for an unprecedented scale of global testing [7]. Despite showing the power of 

POC diagnostics, the sensitivity ranged from 34.1% to 88.1% for the SARS-CoV-2 lateral flow test with 

a limit of detection (LOD) of 100,000 copies/mL, while the conventional laboratory method polymerase 

chain reaction (PCR) can detect 1 copies/ mL [7]. However, these sensitivity limitations are not unique to 

this specific test, rather common in lateral flow tests. Such trade-off between sensitivity and simplicity 

have been shown to hinder the transition of POC diagnostics devices to the market [7]. As such there is a 

need for POC diagnostic devices that are highly sensitive, specific, user-friendly, portable, and cost-

effective.  

Transitioning partially to POC diagnostic technology will alleviate the burden on healthcare facilities by 

containment of outbreaks, reducing the need for patients’ multiple visits, and presumptive treatment [8]. 

Specifically, this advancement is promising for the growing population of seniors worldwide [9], and in 

low and middle income countries where funding is a challenge [10]. This approach saves time in 

delivering results on the spot without trading accuracy [1]. Moreover, early diagnosis (pre-symptoms) can 

allow and promote the use of effective treatment strategies and recovery [9].  POC diagnostic technology 
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can trigger warnings to centralized medical data systems, where primary care providers can monitor and 

inspect the patients’ response [11]. Furthermore, POC diagnostics allow for self-administration of therapy, 

giving patients control over their conditions [1]. An anticoagulation management study was conducted to 

assess the effectiveness of POC diagnostic testing, where patients underwent three phases. Patients were 

monitored initially in clinical settings (phase I), followed by self-administration of therapy using POC 

diagnostic testing at home (phase II), and finally returned to clinical setting (phase III) [12]. The 

experiment revealed that the highest quality of care based on compliance and patients symptoms was in 

phase II, and subsequently deteriorated when patients returned to clinical setting in phase III [12]. This 

validates the important of convenient, accessible healthcare, and self-monitoring.  

1.2 Integration of electrochemical biosensors with microfluidic systems for POC diagnostics 

The integration of electrochemical biosensors and microfluidics (Figure 1.1) is a powerful approach in 

creating microsystems or lab-on-a-chip (LOC) for POC diagnostics. This synergy between 

electrochemical biosensors and microfluidics enhances their inherent capabilities, making them more 

efficient in delivering rapid and accurate diagnostic results [13]. The development of microsystems date 

back to early 1990s [14], and they primarily focused on the detection, quantification, and separation of 

bio-analytes [15]. These innovations were driven by the needs of molecular biology, biodefense, 

microelectronics, and molecular analysis [16], and have since demonstrated significant advantages in 

terms of sensitivity, specificity, throughput, and low detection limits [17-19].  

The advances of micro-technologies facilitate the miniaturization of electrochemical biosensors and their 

integration within microfluidics, thus creating a platform for fluid handling and manipulation for these 

sensors [20]. Electrochemical microfluidic biosensors provide great sensitivity, biocompatibility, fast 

response time, and are able to quantify the concentration of the bio-analyte directly [21]. The main goal 
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of integrating electrochemical biosensors within microfluidics is to restrict fluids within the 

microchannels and to combine multi-processing within a single platform [22, 23]. Electrochemical 

sensors are compatible with miniaturization, while maintaining analytical performance and often 

enhancing it, making them an ideal candidate to microfluidic integrations for POC diagnostics [13]. 

Microfluidic devices aim to combine all the analytical steps needed for electrochemical assays within 

microchannels carrying the reaction from one side to another using passive or active flow [13]. A 

microfluidic device is composed of a single microchannel or a network of channels serving a specific 

application, and can perform several analytical functions such as fast and precise manipulation of fluids, 

mixing, particles handling, separation, and purifications [13]. Moreover, electrochemical microfluidic 

devices are capable of multiplexing, by detecting the multiple bio-analytes sequentially or simultaneously 

[24], or multiple samples for a single bio-analyte [25], or both [26].   

In electrochemical-based sensors, miniaturized electrodes are typically housed within the microfluidic 

channel, since the interaction between the electrode and bio-analyte is what produces the electrical signal 

[27]. The electrodes act as transducers converting the biological reaction occurring on the surface or 

solution into a readable electrochemical signal [28]. This flexibility in microfluidic design allows for 

optimized control over biochemical reactions, replenishment of targets or reagents [29], mixing of 

multiple solutions [30], and creating barriers to prevent cross-contamination [29], thus improving the 

overall functionality and efficiency of POC diagnostics. 
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Figure 1.1 Schematic example of the electrochemical microfluidic POC biosensing system. 

1.3 Advantages of electrochemical microfluidic systems 

Electrochemical microfluidic systems offer a variety of advantages that significantly enhance diagnostic 

efficiency and practicality. These systems seamlessly combine automation, cost-effectiveness, sensitivity 

[20], and integration with eHealth technologies [31], making them suitable for a wide range of 

applications [32]. The following sections highlight the primary benefits of this integration. 

1.3.1 Integrated sample processing  

Traditional diagnostic methods require multiple steps, including sample preparation, reagent addition, and 

washing steps [33]. Microfluidic systems can automate these processes by incorporating channels, valves, 

pumps, micromixers, and filters that handle the fluid flow and reagent mixing [31]. This reduces the 
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complexity of diagnostic procedures and makes the system user-friendly, even for non-specialists. A 

recent study demonstrated the development of a fully integrated electrochemical microfluidic platform 

for the detection of breast protein cancer markers (carcinoembryonic antigen, cancer antigen 15-3, and 

prostate specific antigen)  in serum [34]. The system contained reservoirs to store the reagents and sample, 

valves to control the flow, and an electrodes array for electrochemical detection [34]. This integration 

demonstrates how microfluidic systems can streamline diagnostic workflows with low limit of detection 

comparable to the commercial enzyme-linked immunosorbent assay (ELISA). 

1.3.2 Cost-effectiveness  

Portability and low-cost designs are particularly needed in low-income and remote locations [35]. 

Electrochemical microfluidic devices can be designed as single use with affordable production price, 

which eliminates the need for cleaning or sterilization, reducing contamination risks [35]. A creative 

utilization of consumer-grade off the shelf materials was demonstrated in creating a low-cost integrated 

electrochemical microfluidic device and validated by catalytic hydrogen peroxide and enzyme-coupled 

glucose biosensors with each device costing less than $0.12 USD [36]. The study used silver ink pens, 

iron-on adhesives, and polyethylene terephthalate materials to reduce the cost of fabrication. Moreover, 

device layers were assembled using office laminator, fabricated in under 2 hours [36]. The use of readily 

available materials and simple fabrication methods shows how these devices can be made affordable 

without sacrificing quality. 

1.3.3 Sensitivity and specificity  

One of the biggest drives in developing more microsystems is the excellent analytical performance of 

miniaturized electrochemical microfluidic POC diagnostic devices. Electrochemical detection, especially 

when combined with functionalized electrodes, can greatly enhance sensitivity and specificity by directly 
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converting biological interactions (such as enzyme-substrate or antigen-antibody binding) into 

measurable electrical signals [13]. This is illustrated by the development of an ultrasensitive 

electrochemical immunosensor for the detection of SOX-2 cancer biomarker [37]. The analytical 

performance of the sensor was more sensitive than commercial ELISA kits [37]. Furthermore, in these 

integrated systems various characteristics can be utilized to enhance the sensitivity and specificity of the 

system. This includes sample recirculation to enhance target capture [38], nanomaterials for amplification 

[39], and surface modifications for antifouling [40].  

1.3.4 Biomolecular interactions and turnaround time 

The integration and miniaturization of electrochemical sensors within microfluidics further enhance 

biomolecular kinetics by reducing diffusion-limited mass transport and optimizing reaction environments 

through confined geometries and laminar flow [13]. The excellent control of fluids and rapid analyte 

delivery by flow on the surface of the electrodes provided by microfluidics, decreases the diffusion time 

of analytes, leading to fast reaction times [13]. The iSTAT portable analyzer system developed by Abbott 

is able to detect multiple analytes within seconds [41], reducing the sample-to-result time significantly 

from chemistry analyzers in central laboratories [42]. This rapid response capability makes 

electrochemical microfluidic POC diagnostic devices an attractive option for time-sensitive diagnostic 

applications. 

1.3.5 eHealth  

The merge of electronic storage of information with POC diagnostic systems has become crucial for the 

processing of medical records [43]. Recent work incorporated electrochemical microfluidic POC 

diagnostic devices with digital health and data analytics [43]. These systems can easily be interfaced with 

smartphones [44], wearable devices [44], or cloud-based platforms [45], allowing for remote monitoring 
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and data sharing [31]. This capability is especially useful in telemedicine, allowing patient data to be 

collected and transmitted to healthcare professionals in real time for analysis and diagnosis. Telemedicine 

enables better management of chronic diseases, monitoring of treatment efficacy, and early detection of 

disease outbreaks [43].  

1.3.6 Wearable and continuous monitoring  

Electrochemical microfluidic systems are small, flexible in material, and able to monitor and 

communicate vital information [44]. An example of that is the developed non-invasive stick on epidermal 

electrochemical microfluidic POC device, integrated with flexible electronics to wirelessly transmit real-

time data utilizing capillary forces and glands pressure to drive sweat flow through the microfluidic 

channel for the detection of lactate and glucose [45]. This type of wearable technology is particularly 

useful for non-invasive monitoring in real-time health management. 

1.3.7 Multiplexing and high throughput  

A comprehensive biomarker screening is crucial for accurate diagnosis, monitoring, and administering 

therapy [46]. Multi-analyte detection (multiplexing) can significantly enhance decision making and 

contamination control, providing early intervention [47]. Electrochemical microfluidic systems have the 

ability of continuous and simultaneous detection of multiple analytes without compromising size, cost, or 

accuracy [47]. A low cost high throughput electrochemical microfluidic immunoarray device was 

developed for the detection of cancer biomarkers; containing 256 sensors measured in less than one hour 

[46]. This high-throughput capability is essential for both diagnostic applications and environmental 

monitoring. 
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1.3.8 In Silico validation  

Computational modeling and theoretical simulation is a great tool in design visualization and analytical 

behavior prior to fabrication and experimental testing [48]. The recent commercialization of software that 

ease the simulation of fluid dynamics and electrochemistry in microsystems resulted in the proliferation 

of electrochemical microfluidic POC diagnostic devices [48]. One of the greatest advantages of this 

approach is the coupling of multiple domains while testing different parameters for complex phenomena 

simultaneously such as convection, diffusion, surface binding, and chemical reactions [49].  Squires et al. 

provided a guideline for the design of biosensors that rely on surface capture kinetics. The model provided 

practical understanding of analyte transport by quantifying certain behaviors and collect fundamental 

quantities such as fluxes, collection rates, and equilibration times [49]. Therefore, computational 

modeling accelerates the development process and reduces the risk of costly design errors. 

Collectively, these advantages underscore the transformative potential of electrochemical microfluidic 

systems POC diagnostic devices, providing a versatile, cost-effective, and highly efficient solution for a 

wide range of healthcare applications. 

1.4 Recent advancement of electrochemical microfluidic POC diagnostic devices in bacterial 

detection 

The coupling of electrochemical technology and microfluidics empowers both technologies to deliver a 

host of advantages related to miniaturization and microflow characteristics as described in section 1.3. 

The aforementioned benefits boosted the development of various applications, especially at the research 

level.  Additionally, the rise in outbreaks demonstrated a great need of POC diagnostics in different fields. 

POC diagnostics necessity in pathogens detection is present in food safety [50], environmental monitoring 

[4], defense and security [51], and medical diagnostics [52]. Pathogens detection and monitoring, in 
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particular bacterial outbreaks and infections are carried out by agencies worldwide, with cell culture 

remaining the gold standard method [4, 53]. However, this technique faces challenges in clinical practice, 

such as long waiting times (1-10 days) and the labor-intensive process of preparing culture media, 

inoculating samples, and counting colonies [53]. Despite these drawbacks, it remains widely used due to 

its standardized protocols, sensitivity, and accuracy in quantifying microorganism [54]. Other fields rely 

on immunoassays and nucleic acid based assay such as ELISA and polymerase chain reaction (PCR) [55] 

that are fast, highly specific, and sensitive, however, expensive, non-portable, and require extensive 

training, rendering them unsuitable for on-site testing [4, 55]. Therefore, electrochemical microfluidic 

POC diagnostic devices proliferated in recent years.  

Electrochemical microfluidic POC diagnostic devices are able to identify and diagnose bacterial 

pathogens such as Enterococcus faecium, Staphylococcus aureus, Klebsiella pneumoniae, Legionella 

pneumophila, Pseudomonas aeruginosa, Vibrio cholerae [56], and Clostridium difficile [57]. The rapid 

detection of these species has become of great importance since the emergence of antibiotic-resistant 

bacteria, making species identification for targeted therapy a priority [57]. Antibiotic resistant bacteria 

pose severe consequences on human health, leading to high rates of mortality and morbidity, projected to 

cause ten million deaths each year by 2050 [57]. In response, the world health organization report suggest 

evidence-based antibiotics prescription and early interventions to prevent outbreaks [57], which can be 

implemented by rapid, low-cost, and integrated electrochemical microfluidic POC diagnostics. Therefore, 

research efforts in integrating electrochemical biosensors into microfluidic are rapidly increasing to meet 

this demand.  For example, an on-chip electrochemical immunosensor was developed for the detection of 

cholera toxin subunit B based on a dendritic hold architecture resulting in the increase of active surface 

area 18 times over planar electrode, hence, enhancing the sensitivity matching that of the optical ELISA 

standard method of detection of 104 CFU/mL [56]. Though, the device meets the required sensitivity and 
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specificity, it is not fully-integrated which requires high expertise and manual handling to operate [56]. 

Developing a fully integrated and automated electrochemical microfluidic sensors is crucial in outbreaks 

regions where accessibility to medical facilities and expertise is scarce. Besides the benefit of reducing 

antibacterial resistance, accurate species identification is also pivotal for correct diagnosis and appropriate 

therapy, in order to provide safe and needed medication to patients. For example, it is reported that 78% 

of acute upper respiratory track infection receive inaccurate antibiotic therapy due to the delay in 

infectious species identification [58]  Efforts in the scientific community such as the work of Luo et al. 

have focused on addressing this challenge. They developed a multiplexing microfluidics system for 

bacterial detection of Mycobacterium tuberculosis, Haemophilus influenza, and Klebsiella pneumonia 

with limit of detection of 28, 17, and 16 copies/µL, respectively, in a single integrated chip using loop 

mediated isothermal amplification (LAMP) coupled with electrochemical detection within 45 minutes 

[59]. The microfluidic system offers multiplexing ability clearly differentiating between the three species; 

however, the use of an amplification method LAMP requires extensive sample processing including 

purification, lysing, and DNA extraction which complicates and limit the use of the device to trained 

individuals.  

Further illustrating the adaptability of electrochemical microfluidics, Srikanth et al. developed a lab-on-

a-chip platform for simultaneous cultivation and detection of E. coli. The system utilizes screen-printed 

electrodes housed within a Polydimethylsiloxane (PDMS) based microfluidic device, with a chamber for 

bacterial culture within the device [60]. The system was compared with traditional culturing methods, 

yielding comparable results with a linear range between 2 × 104 to 1.1 × 109 CFU/mL. The device showed 

great specificity to E.coli without the need for electrode biomodification, primarily relying on the 

enzymatic activity of the bacteria [60]. However, the lack of shaking compared to conventional cell culture 

techniques introduced high variability that require further improvements.  
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Moreover, a multiplexing microfluidic platform integrating carbon nanotube (CNT)/ferrocene-based 

electrochemical sensors was developed for direct detection of Hepatitis C viral DNA and Mycobacterium 

tuberculosis genomic DNA from clinical samples [58]. Operating at high flow (150 μL/min) creates a thin 

depletion layer on the sensor surface, significantly improving the DNA capture rate to one molecule per 

second, compared to 0.02 molecules/s in static conditions. This flow-enhanced system improves detection 

limits from picomolar to femtomolar, with a dynamic range from 0.1 fM to 1 pM. Kinetics analysis shows 

the electron transfer rate constant increases from 1 s⁻¹ to 6 s⁻¹ due to the optimized microfluidic cell design. 

while this device enables selective detection of Mycobacterium tuberculosis DNA and holds potential for 

multi-target diagnostics at POC, it requires extensive sample processing of purification, lysing and DNA 

extraction, rendering it less accessible to non-clinical settings [58].  

A fully automated sandwich immunoassay microfluidic electrochemical biosensor was developed for 

detecting E.coli, achieving quantification limits of 1.99 × 104 CFU/mL and 50 CFU/mL using standard 

and nanomaterial-amplified immunoassay [61]. The sensor effectively analyzed water samples with 

minimal signal decrease with high specificity against a panel of waterborne bacteria.  The regenerable 

sensor surface reduces costs, positioning this biosensor as a promising tool for pathogen detection with 

high sensitivity and specificity in water [61], however, the system requires multiple reagent addition, 

increasing the complexity of the system.  

A microfluidic electrochemical biosensor was developed for the detection and quantification of E. coli 

using Loop-mediated isothermal amplification (LAMP). Detection is achieved through Hoechst 33258 as 

a redox molecule that causes a significant drop in anodic oxidation due to DNA aggregation. This method 

eliminates the need for probe immobilization and allows bacterial detection within microfluidics without 

DNA extraction since the temperature required by LAMP shown to lyse E.coli cells as well [62]. The 
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amplification time is crucial for quantification, enabling detection of 24 CFU/mL and 8.6 fg/μL DNA in 

60 minutes in urine samples. This microfluidic chip shows strong potential as a POC diagnostic device in 

clinical settings, however, requires a purification step of clinical samples to avoid the inhibition of the 

LAMP primers [62].  

These aforementioned examples (summarized in Table 1.1) illustrate the remarkable adaptability, 

sensitivity, and multiplexing potential of electrochemical microfluidic systems, reinforcing their promise 

for rapid, low-cost, and high-performance diagnostics in a variety of healthcare and environmental 

applications. However, none of these examples are capable/demonstrated to carry real-time continuous 

detection of pathogens. Therefore, despite the potential there is still a gap in the field in delivering fully 

integrated real-time continuous detection of pathogens.  

Table 1.1 Summary of the reviewed literature of electrochemical microfluidic POC diagnostic devices 

Sensor 

type 
Target 

Sample 

Size (µL) 

Sample 

Type 

Time 

(mins) 

Detection 

Method 
LOD Limitations 

Benefits of 

Microfluidic 

Electrochemical 

Integration 

Ref 

Culture 

based 
E. coli 300 

Culture 

media 

2-12 

hrs 

Cyclic 

voltammetry 

chrono-

amperometry 

2 × 104 

CFU/mL 

Batch to batch 

variability 

Does not require 

biomodification, 

fully integrated 

[60] 

CNT/ 

Ferrocene 

based sensor 

Hepatitis C, 

Mycobacterium 

tuberculosis 

200 
Clinical 

DNA 
30 

Impedance 

spectroscopy 
0.1 fM 

Purification, 

lysing, and 

DNA 

extraction 

Multiplexing, 

Improved kinetics 
[58] 

Sandwich 

immunoassay 
E. coli 150  Water 30 

Cyclic 

voltammetry 

amperometry 

50 

CFU/mL 

Multiple 

reagent 

addition 

Regenerable 

surface, 

Automated 

[61] 

LAMP-based E. coli 

35: 

LAMP 

120: 

detection 

urine 60 
Linear sweep 

voltammetry 

24 

CFU/mL 

Requires 

amplification 

Eliminates need 

for DNA 

extraction 

[62] 

Dendritic 

Gold Sensor 

 

Vibrio cholerae NA Water NA 

Differential 

Pulse 

Voltammetry 

1 ng/mL 
Not fully 

integrated 

Enhanced active 

surface area 
[56] 

LAMP-based 

Mycobacterium 

tuberculosis, 

Haemophilus 

influenzae, 

Klebsiella 

pneumoniae 

25 DNA 45 
Square wave 

voltammetry 

28, 17, and 

16 

copies/µL 

Purification, 

lysing, and 

DNA 

extraction 

Multiplexing, 

real-time 
[59] 
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Currently there is no commercially available electrochemical microfluidic sensor for the detection of 

bacteria. However, to demonstrate the readiness of this integration to enter the market, two examples of 

commercially successful systems (summarized in Table 1.2) include the epoc® Blood Analysis System 

[63] by Siemens Healthineers and Abbott's iSTAT system [41, 42]. Both systems perform rapid whole 

blood gas, electrolyte, and metabolite analysis within 2-5 mins. Additionally, they provide wireless 

connectivity to medical records and cloud platforms, enabling data tracking and monitoring [63]. Despite 

their fast analysis and sensitivity, they are expensive and require frequent calibration [41, 42]. 

Nonetheless, the success of these commercialized systems highlights the practical advantages of 

combining microfluidics and electrochemical sensing for POC diagnostics, offering reliable, user-friendly 

tools for medical diagnostics.  

Table 1.2 Summary of the reviewed commercial electrochemical microfluidic POC devices 

Device/ 

Company 
Application Analytes 

Sample 

Size 

(µL) 

Sample 

Type 

Turnaround 

Time 

(mins) 

Detection 

Method 
Limitations 

Benefits of 

Microfluidic-

Electrochemical 

Integration 

[Ref] 

epoc® Blood 

analysis 

system by 

Siemens 

Healthineers 

Blood gas, 

electrolyte, 

metabolite 

analysis 

pH, pCO₂, pO₂, 

K⁺, Na⁺, glucose, 

lactate 

90-95  
Whole 

blood 
2-3 

Conductometry, 

Amperometry 

Requires 

cartridge 

replacement 

and regular 

calibration  

Portable, 

disposable 

microfluidic 

cartridges, Wi-Fi 

connectivity 

[63] 

iSTAT by 

Abbott 

Blood gas, 

electrolyte, 

metabolite 

analysis 

Electrolytes, 

glucose, pH, 

gases, lactate, 

coagulation, 

hematology, 

endocrinology 

biomarkers 

20 – 45  
Whole 

Blood 
2-5 

Potentiometry, 

Amperometry 

Requires 

regular 

calibration 

Portable, room 

temperature 

storage, Wi-Fi 

connectivity 

[41, 42] 

 

1.5 Challenges and the future of electrochemical microfluidic POC systems in bacterial detection   

The synergistic relationship between microfluidics technology and electrochemical biosensing is evident. 

However, despite the technological advantages and improvements in microfluidics and electrochemistry 

integration, the technology remains primarily in research labs [51]. As demonstrated in section 1.4, the 
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main limitations lie mainly in sample processing integration, lack of large multiplexing ability, and 

unsuitability for inline continuous monitoring, due to the reliance on either amplification, endpoint 

analysis, or limited sample volumes.  

Sample processing. Samples required for the detection of bacteria can be categorized into i) those that 

need lysing to release the targeted analyte such as DNA, RNA, and intercellular proteins, and ii) those 

that are processing-free detecting whole bacteria (such as. Lipopolysaccharides) or extracellular proteins, 

with the latter being more desirable for rapid, direct, and reagent-less detection [64]. Therefore, the 

selection of the biorecognition element is crucial in delivering the desired simplicity required for POC 

diagnostics.  

Selection and optimization of assays. The isolation and identification of antibodies, enzymes, and 

selection of nucleic acids biorecognition elements is a lengthy process that requires weeks to several 

months to complete depending on the complexity of the target [65].  Moreover, the biorecognition 

elements selected need to have both high affinity and specificity to the target of interest [66].  It is also 

challenging to produce short, optimized biorecognition elements with excellent long-term stability for the 

detection of clinically relevant bacteria present in native host media [66]. Collaborations via automation 

with industrial partners can mitigate and expedite the selection process, hence decreasing the scalable 

production of such biorecognition elements [66].   

Multiplexing and integration of multiple functionalities. Laboratory instrumentation typically screens 

for a panel of analytes per run, providing a multiplexing feature. In order for POC devices to replace some 

of the centralized equipment, multiplexing is crucial. Most studies demonstrate 2-4 analytes of interest 

[67], however, there is a need in detecting more analytes simultaneously while maintaining clinically 

significant limit of detections. Multichannel microfluidic designs typically have lower LODs but limited 
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to the number of channels fitting in the device [68]. Single-channel designs avoid the scalability challenge 

of multichannel design, however, require more sample processing steps to prevent cross-talk and 

contamination to main low LODs [68]. Additionally, the introduction of multiple functionalities such as 

filtration and separation to improve sensing and avoid clogging the microchannels, increases the 

complexity of fabrication [68]. Therefore, simplistic designs that reduce or fully integrate the complexity 

of sample processing without compromising sensitivity and specificity are needed.  

Continuous and real-time analysis. real-time analysis would benefit various industries such as physical 

health, food production lines, and environmental monitoring [69]. Other than glucose, POC diagnostics 

predominantly utilize lateral flow dipsticks, a technology that is hard to adapt to multiplexing, continuous, 

and real-time testing, rather they focus on single use and qualitative endpoint analysis [69]. 

Electrochemical microfluidic POC diagnostic devices are capable of overcoming these limitations by 

providing reagent-less, wash-free, single-step, and calibration free detection [69]. Additionally, 

antifouling by proteins and chemicals in tested mediums hinders the development of continuous 

monitoring [69], potentially addressed within microsystems by surface modifications such as 

nanomaterials, monolayers [69], and polymers [70]. Efforts in creating wash and reagent free single steps 

POC diagnostics have been demonstrated in the detection of ions, toxic metals, and pH [71-73], but 

severely underdeveloped in bacterial detection.  

Manufacturing and scalability. From the fabrication side, cost can be seen as the biggest hinderance in 

the commercialization of this integration in biosensing. Attempts at using cost-effective material and 

fabrication methods are in effect such as 3D printing and craft-cutting instead of photolithography [13].  

Another challenge is the scalability and mass-scale production of these devices [13], which is being 

addressed through advancements in nanofabrication techniques, such as nanoimprint lithography and roll-
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to-roll nanomanufacturing, that enable the production of high-resolution, uniform nanostructures at a 

reduced cost and on a large scale [74]. 

Regulatory approval and validation. clinically relevant limit of detections and reproducibility should 

be done following regulatory bodies such as food and drug administration (FDA) and centers of disease 

control (CDC) to ensure compliance towards commercialization [75]. This will shorten the time required 

for laboratory to market transition. Therefore, regulatory procedures should be at the forefront of design 

and development of electrochemical microfluidic POC biosensors.  

In the long term, the field is on track to tackle the technological, manufacturing, and regulatory hurdles 

to expand electrochemical microfluidic POC diagnostic devices. It has already made great strides to 

achieve decentralized settings in clinical, environmental, and food analysis.  

1.6  Thesis motivations  

As discussed in the previous sections, there is a need for simple, wash-free, reagent free, inline, real-time 

and continuous bacterial detection systems that are fully integrated and suitable for on-site use with 

minimal training [76]. while some sensors such as surface plasmon resonance and quartz crystal 

microbalance can detect real-time binding by measuring changes in mass, charge, or optical properties, 

they struggle to differentiate between specific and non-specific binding in complex media [76]. 

Consequently, the development of reagent-less, real-time, sensitive, fully integrated biosensors capable 

for direct measurement in complex media remains a challenge [77]. The lower sensitivity in complex 

media often results from steric hindrance, inefficient target diffusion [78], and the physicochemical 

properties of samples, such as ionic strength [79], pH [80], and viscosity [81]. These properties can 

influence biomolecular interactions, target stability, and hybridization kinetics, potentially reducing 

diagnostic efficiency. This thesis addresses these limitations by employing nanostructured surfaces that 
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enhance target accessibility and hybridization efficiency while minimizing nonspecific binding. 

Furthermore, the use of functional nucleic acids (FNAs), such as aptamers and DNAzymes, offer a 

promising solution.  These assays rely on conformational changes upon interacting with the target, 

producing signals that are not easily mimicked by non-specific binding [77]. FNAs are robust, highly 

sensitive and specific, making FNAs an ideal choice for POC diagnostics.  

The desire to make diagnostics more accessible at the POC level has further driven advancements in 

miniaturization and surface modifications of electrochemical biosensors within microfluidic systems. 

However, the development of a fully integrated device that combines samples processing, multi-analyte 

detection, and signal generation without the need for trained personnel still a challenge [76]. Nonetheless, 

microfluidic systems, with their ability to house both sample preparation and electrochemical sensors, are 

particularly well-suited for environmental monitoring applications [32].  

Thus, the overachieving goal of this thesis is the development of a highly specific, sensitive DNA based 

miniaturized electrochemical microfluidic sensor for real-time continuous water monitoring, that can be 

expanded to other applications.  

1.7  Research objectives   

To address the challenges mentioned in the motivation section, we designed the following objectives:  

I. Investigate how nanostructured surfaces influence real-time DNA hybridization kinetics in both 

buffer solutions and complex media compared to planar surfaces; by using a wash-free and 

reagent-less electrochemical assay. This objective enhances the understanding of hybridization 

kinetics in DNA hybridization electrochemical sensing across a wide range of target and probe 

concentration on different surfaces, aiding in the design and development of future biosensors. 
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II. Develop an electrochemical L. pneumophila-specific FNA electrochemical assay integrated within 

a microfluidic device, optimized for real-time, continuous monitoring in cooling tower water. 

Leveraging the understanding of DNA-DNA hybridization obtained from objective I.   

III. Design nature-inspired microfluidic systems for multi-analyte detection and compare them with 

simple branched microchannel design, aiming to achieve uniform velocity flow and consistent 

DNA capture across multiple sensing locations. The objective focuses on optimizing the fluid 

dynamics and surface interactions using in silico methods. This objective improves and 

investigates different designs for multiplexing.  

Our overall goal is to improve the robustness of DNA based electrochemical sensors and integrate them 

within microfluidic platform to tackle the existing limitations in these assays in terms of sensitivity, 

multiplexing, and ease of use.  

1.8  Thesis overview   

The upcoming chapters focus on the following:  

Chapter 2 delves into the theoretical background of microfluidics and electrochemical techniques, 

enhancement of sensing which employs nanomaterials, biorecognition elements, and design and materials 

of electrochemical microfluidic devices.  

Chapter 3 presents a detailed investigation into how nanostructures influence real-time DNA 

hybridization kinetics in both buffer solution and complex media. The assay design is based on a widely 

used electrochemical approach, where methylene blue-labeled single-stranded DNA is released from a 

biorecognition element. Subsequently, the released strand is diffused or transported to hybridize with a 

complementary strand immobilized on the transducer surface, thereby generating an electrochemical 
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signal. We employed a real-time, wash-free assay to study this hybridization process using square wave 

voltammetry (SWV). The experiments were conducted across a range of probe and target concentrations 

on both planar and nanostructured surfaces, in buffer and complex media. 

Chapter 4 employs the understanding of DNA-DNA hybridization from chapter 2 in the design and 

development of a L. pneumophila- RNA cleaving DNAzyme electrochemical assay. In this system, a 

methylene blue-labeled single-stranded DNA fragment is cleaved and subsequently hybridizes on the 

surface of a nanostructured transducer, which is fabricated within a lab-on-chip device for real-time, 

continuous monitoring of L. pneumophila in both buffer and cooling tower water samples. The device is 

housed within a microfluidic setup, which utilizes the benefits of microflow characteristics to optimize 

sensitivity. 

Chapter 5 expands on the lab-on-a-chip capabilities for multi-analyte detection.  We designed a nature-

inspired microfluidic designs based on the human spinal vertebrae and leaf veins network. We 

hypothesized that by scaling the dimensions of these structures for microchannels, we are able to mimic 

their optimized nutrients and signals delivery to multiple locations simultaneously with minimal delay.  

These designs were tested and optimized in silico to achieve uniform velocity flow, enhanced pressure 

distribution, and consistent DNA capture over 38-42 sensing locations.   

Chapter 6 outlines the key findings of the research, highlights the contributions made to the field, and 

discusses potential directions for future work. 
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Chapter 2  Theory of electrochemical biosensors and 

microfluidics 

Preface: This chapter reviews the components of electrochemical microfluidics, exploring the theory and 

background of microfluidic technology and electrochemical detection. It provides an overview of the 

fundamentals of biosensors, including biorecognition elements, transduction methods, surface 

modifications, and design and materials of microsystems.  

2.1 Bio-recognition elements for electrochemical biosensors 

A biosensor is an integrated receptor-transducer device capable of providing selective, qualitative, or 

semi-qualitative analytical information through a biorecognition element via a transducer [82]. This is 

used to detect, monitor, and surveil disease management and health monitoring [83]. In essence, to create 

a biosensor, three crucial elements are needed, 1) a biorecognition element that selectively interacts with 

a bio-analyte, 2) a transducer that converts biological signals into readable signals, and 3) a signal 

processing system [82], an example of each is shown in Figure 2.1.   
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Figure 2.1 Architecture and components of biosensors. 

Specificity and sensitivity are the driving characteristics in biosensors development and choice of 

biorecognition element, the aim is to push the limits on detecting rarer targets with great precision [84]. 

The word sensitivity has three main definitions, test sensitivity is the number of true positives confirmed 

by an alternate gold standard method divided by the true positives and false negatives yielded by the 

sensor [84]. In clinical setting, test sensitivity is of utmost importance. Internal sensitivity is the local 

slope of the sensor response curve, which indicates how responsive the sensor is to small changes in the 

measured quantity [84]. The third measure of sensitivity that is mostly encountered in biosensing literature 

and in this thesis is the limit of detection, or the minimum concentration/quantity that the sensor can 
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reliably detect, distinguishing it from background noise [84]. Specificity on the other hand is commonly 

used to describe the target discrimination threshold among other bio-analytes in the tested media [85]. 

Biorecognition elements have a strong affinity to a specific target bio-analyte, these elements can be 

defined under three categories, 1) naturally evolved, 2) synthetically made, and 3) pseudonatural [86]. 

Antibodies and enzymes fall under the naturally developed elements. Antibodies and enzymes are 3D 

protein structures that can be identified within biochemical pathways, then extracted and purified for 

biosensing [86]. Antibodies bind to their respective antigens with high affinity, facilitating its detection, 

while enzymes capture and catalytically transform the bio-analyte into a measurable signal by generating 

redox mediators or directly causing redox reactions [86]. Antibodies and enzymes are sensitive to 

environmental factors such as temperature, complex media, and water matrices [87]. These conditions 

can inhibit their functionality reducing their binding affinity, and increased non-specific interactions [87]. 

Enzyme-based assays show varying degrees of false positives and false negative results from 0.9 to 

37.5%, due to these limitations [87].   

Synthetic bio-recognition elements are engineered to mimic the physiological interactions of their natural 

counterparts such as molecularly imprinted polymers and nanozymes [88]. However, their binding affinity 

is typically lower than their naturally selected counterparts, demonstrating lower sensitivity and 

specificity [89]. Pseudonatural biorecognition elements such as FNAs are highly specific, taking 

advantage of natural subunits to create supramolecular structures [28]. Their specificity lies in the use of 

a complementary binding motif to an immobilized DNA sequence such as aptamers and DNAzymes. They 

also  exhibit high stability in different ionic strengths, pH, and wider temperature range [28].  

FNAs engineering became possible in the discovery of “in vitro selection” or the SELEX process 

(systematic evolution of ligands by exponential enrichment) in 1990 [90].  SELEX is a method used to 
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identify and select DNA or RNA sequences (aptamers) with high affinity for a specific target molecule 

[90]. When applied to DNAzymes, SELEX is used to evolve DNA sequences with enzymatic activity that 

can catalyze specific chemical reactions [90]. FNAs hold great promise in solving a number of biosensing 

challenges. The ability to program and design a biorecognition element offers significant control over 

biologically identified elements such as antibodies and enzymes [83]. They can also be engineered to 

detect small molecules with poor immunogenicity, where antibodies are difficult to obtain [66]. 

Furthermore, they offer stability and scalability in mass production for POC devices [91]. FNAs ability 

to adapt to various conjugation chemistries makes them very versatile in the designing process [91]. 

Therefore, numerous DNAzymes have been utilized in biosensing to perform molecular recognition and 

signal transduction [92-96]. While various DNAzyme classes are known to catalyze diverse chemical 

reactions, those commonly employed in electrochemical biosensing fall into two main categories, 1) 

RNA-cleaving DNAzymes (RCDs, Figure 2.2a), RCDs are engineered to cleave at a specific 

ribonucleotide site within the DNA strand, producing a single stranded DNA fragment that is detected by 

electrochemical techniques through reduction or oxidation [83], 2) peroxidase mimicking DNAzymes 

(PMDs, Figure 2.2b), PMDs are guanine (G)-rich sequences that form G-quadruplex structures. When 

combined with chromophores, these DNAzymes catalyze the oxidation of phenolic and other aromatic 

compounds, creating an electron-dense product that facilitates electrochemical signal transduction, thus 

mimicking the function of natural peroxidases [83].  

In Summary, RCDs are desirable in POC devices for their ability to be synthetically designed for a specific 

target without the need to identity the specific target in the mixture of target components [92]. 

Furthermore, their adaptability to various chemistries, their structural changes for signal modulation in 

the presence of a specific target, eliminate the need for multi-step analysis [92].  Despite FNAs showing 

great promise for POC device, the lengthy selection methods and limited scalability render their market 
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integration illusive [66]. Therefore, strong collaborations with industry partners should ultimately 

facilitate their mass production and commercialization [66].   

 

Figure 2.2 Schematics of DNAzyme, an example of a) RNA-cleaving DNAzyme (RCD), b) peroxidase 

mimicking DNAzyme. 

2.2 Electrochemical transduction methods  

FNAs can be modified and coupled with various molecules to produce piezoelectric [96], optical [97], 

colorimetric [95], photoelectrochemical [98], and electrochemical [93] signals. Among these transduction 

methods, electrochemical biosensing has been particularly advantageous for POC diagnostic applications 

over the past decades [83]. Despite the abundance of diagnostic devices in literature, the translation and 

commercialization of these in lab POC diagnostic devices have faced significant challenges. These 

challenges can be summarized in the difficulty of  providing fully integrated and easy to use platforms 

with acceptable analytical performance [83].  Electrochemical biosensing offers several benefits 

compared to other methods: it requires less bulky equipment, making it more compact and portable than 

optical or photoelectrochemical systems [99]. Furthermore, electrochemical biosensors provide high 

sensitivity and qualitative measurements, surpassing the performance of colorimetric biosensors [100]. 

Catalytic core

Substrate arm 

Binding arm 

G-quartet

Cleavage site
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Moreover, electrochemical sensing is considered clean reactions (environmentally friendly) as it relies on 

electrons transfer [100]. The compatibility of electrochemical biosensors with miniaturization enables the 

development of low-cost platforms that support multi-analyte detection at or near the POC, often with 

minimal technical expertise required [99]. The simplicity of the electrochemical sensing hardware, 

combined with the inherent sensitivity, provided the gateway to the development and commercialization 

of the amperometric glucose monitor by Leland Clark Jr in 1962 [101]. Further optimized to include the 

enzyme based glucose meter, glucose test strip, and continuous glucose monitoring device [101].  

The basic principle of electrochemical biosensors is the generation of an electrical signal, resulting from 

an electroactive species interaction with the biosensor [83, 100]. This interaction is the result of the redox 

reaction donating or accepting electrons from the surface of the working electrode. Typically initiated by 

target interactions with the biorecognition elements in solution or tethered to a surface such as enzymes, 

antibodies, or DNA strands [100]. In addition to the working electrodes where all the biochemical 

interactions occur, the electrochemical cell needs a reference electrode to maintain a stable potential, 

ensuring accurate and consistent readings. The circuit is then completed by including counter (or 

auxiliary) electrode, providing a path for the flow of electrons [100] (Figure 2.3). However, depending on 

the design of the biosensor, an auxiliary electrode might not be necessary (two-electrodes system). The 

choice of two-verses three electrodes system depends heavily on the application, especially in 

miniaturized systems. Both systems have been utilized in biosensing, proving that these setups are 

applicable for the detection of bio-analyte in diagnostics [102]. However, the three-electrode system offers 

superior control over the working electrode potential, minimizing potential drift and enhancing signal 

stability and sensitivity. In contrast, the two-electrode system lacks a separate reference electrode, making 

it challenging to maintain a constant potential at the working electrode, especially when current flows. 

This limitation can lead to reduced signal stability and sensitivity [102]. Therefore, the three-electrodes 
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system configuration allows for the detection and quantification of the target analyte reliably, generating 

a signal such as current, impedance, and voltage directly proportional to the concentration of the analyte 

in the tested sample [103].  

 

Figure 2.3 Diagram of a standard 3-electrode electrochemical cell configuration for biosensing. 

Electrochemical techniques (Figure 2.4) used in biosensing can be categorized into potentiometry, 

amperometry, voltammetry, impedance spectroscopy, and conductometry [104, 105].  

Potentiometry is the measurement between the reference and the working electrode at equilibrium of the 

open-circuit potential, where no current flows, and the response depends on the analyte's concentration 

[105]. While amperometry and voltammetry are dynamic techniques that require a counter electrode to 

control the voltage at the working electrode independently of the solution's potential change [105]. More 

specifically, amperometry records the current generated by the oxidation or reduction of electroactive 

molecules, either at a constant potential (single-potential amperometry) or over time at stepped potentials 
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(chronoamperometry). Voltammetry measures current, while linear, cyclic, or pulsed (differential pulse or 

square wave voltammetry) potential is applied [105]. Impedance spectroscopy differs by measuring the 

system resistance and capacitance by applying a sinusoidal potential over a single or a range of 

frequencies, typically to gain insights into the material and surface properties [105]. While, conductometry 

measures the electrolyte's resistance using an alternating potential [105]. The choice of the detection 

method depends largely on the application and assay design. For example, amperometry is well-suited for 

real-time monitoring due to its rapid response time and simplicity, while voltammetry is preferred for its 

high sensitivity and ability to analyze multiple analytes simultaneously, making it advantageous for 

applications requiring detailed redox process information [106].  
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Figure 2.4 Examples of electrochemical techniques. The input and output of chronoamperometry, square 

wave voltammetry (SWV), and cyclic voltammetry (CV). 

2.3 Redox molecules  

Molecular-based electrochemical biosensors rely on the specific recognition of target molecules at the 

sensor surface for detection. DNA is particularly well suited for electrochemical sensing due to the robust 

and highly specific base-pairing interactions between complementary strands [107]. The earliest reported 

DNA based electrochemical sensor, was carried out over 40 years ago by detecting the reduction and 

oxidation of DNA at a mercury electrode [107]. To enhance the sensitivity of DNA detection, redox-active 

reporter molecules were introduced, either in solution or directly labeled onto the DNA strand indicating 
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hybridization [108]. These redox reporters improve the detectable signal on the electrode surface and 

facilitate interfacial characterization [108].  

The most common solution based redox reporters are ferrocyanide/ferricyanide ([Fe(CN)6]
4-/3- ) and 

ruthenium hexamine (Ruhex) [109]. In the presence of surface-bound DNA, the electron transfer kinetics 

of ferrocyanide/ferricyanide decrease due to the limited available sites for redox reactions [110]. 

Conversely, Ruhex intercalates into the DNA backbone, enhancing the electron transfer gain of the output 

signal [111]. Furthermore, solution and tethered based redox reporter molecules can be used together to 

further enhance the signal. For instance, in the use of ([Fe(CN)6]
3-) and Ru (NH3)6

3+ together; [Fe(CN)6]
3- 

acts as an intermediate oxidant, resulting in signal amplification through the regeneration and recycling 

of Ruhex [109].  

In addition, DNA can be labeled with redox molecules such as methylene blue [112] and ferrocene[113] 

via strong covalent bonds. These attached redox reporters enhance the signal by altering electron transfer, 

either through steric hindrance or conformational changes induced by target binding [112]. The rigid 

structure of double-stranded DNA helps reduce background noise, further improving the signal-to-noise 

ratio [114]. The sensitivity and selectivity provided by redox-molecules allowed for the development of 

precise detection at well-defined potentials in complex media, leading to the creation of a  variety of assay 

designs such as sandwich like labeling, and structure switching assays [114]. 

While redox-based electrochemical sensing offers high sensitivity and specificity, it faces challenges in 

multiplexed analyte detection due to potential signal overlap and cross-reactivity among redox-active 

species [115].  To address these limitations, strategies such as employing distinct redox labels with well-

separated electrochemical signatures have been explored. However, the limited availability of redox 

molecules and the increased complexity of biosensor design hinder their applicability for high-throughput 
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multiplexing [116]. Alternatively, single-label approaches utilizing electrode arrays functionalized with 

distinct biorecognition elements have been developed to minimize non-specific interactions while 

enabling multiplexing detection [116]. Additionally, the integration of advanced signal processing 

techniques has been developed to mitigate signal readout limitations in multiplexing [115]. These 

approaches enhance the selectivity and reliability of multiplexed assays, enabling simultaneous detection 

of multiple targets with minimal interference.  

2.4 Nanomaterials integration in electrochemical biosensing 

Nanoscale materials such as nanorods [117], nanowires [118], nanostructures [93, 119], nanocontainers, 

and  nanoparticles [120] have been utilized in biosensing, mainly for the purpose of 1) signal enhancement 

[121], 2) bioreceptor immobilization [119], and 3) sample separation and pre-concentration [122]. 

Nanomaterials electrochemical signal enhancement is due to the high surface area with small size [123], 

tunable conductivity [122], flexible surface modifications [124], antifouling properties [93, 119], and high 

loading capacity [119, 122]. Another key advantage and of interest in this thesis is their ease of integration 

with sensing-assisted devices like microfluidics and wearable technologies [39]. This is important because 

as electrodes are miniaturized, sensitivity is often reduced due to the decreased surface area leading to 

fewer biorecognition elements participating in the biochemical reaction [99]. Nanomaterials in biosensing 

can be classified based on their application either on the surface of sensors or dispersed in solution. Both 

approaches offer distinct advantages and are crucial in enhancing the sensitivity, selectivity, and overall 

performance of biosensors [119, 125, 126].  

Nanotubes, nanowires, nanoparticles, and nanostructures are frequently immobilized on sensor surfaces 

to enhance detection capabilities [127]. By modifying the electrode surface through electroplating, 

nanostructures offer a practical approach that avoids complex fabrication processes [119]. The 3D 
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structures easily fabricated on the surface of electrodes increases the surface area, improves electron 

transfer, and redox molecule diffusion [121]. These surface modifications lower detection limits, 

particularly in DNA hybridization-based assays [121, 128]. Additionally, magnetic micro and 

nanoparticles are used in solution to facilitate purification and separation of bound and unbound 

molecules, preventing antifouling and non-specific binding in buffer and complex media [40]. 

Nanomaterials can also be used to accelerate catalytic functions in biochemical reactions, where their 

functionalization with biomolecules facilitates specific recognition and binding events [127]. The 

integrations of nanomaterials with sensing assisted devices such as microfluidics is often done to enhance 

separation, transport, loading capacity, and capture of analytes,  improving overall sensing performance 

[39]. Further more, their flexible chemistries, facilitate  functionalization  with different biorecognition 

elements for multiplexing [127]. These unique capabilities of nanomaterials are driving innovation in 

biosensor design, enhancing performance and versatility in POC diagnostic platforms. 

2.5 Basics of microfluidics  

Microfluidics is a discipline that studies the behaviour of small amount of fluids (10-9 to 10-18 litres) in 

the micro scale [129]. Microfluidics is relatively a new field where the common transport phenomena 

forces known in the fluid handling and processing systems in the macroscale become negligible or less 

dominant in the microscale [129]. In order to control the manipulation of fluidics in microfluidics, an 

understanding of the physics of fluid dynamics that govern these phenomena such as mixing, separation, 

droplet formation, flowrate, and the geometry of the microchannels become of great importance [32]. This 

field has garnered significant interest across biomedical engineering, molecular biology, and chemical and 

environmental engineering due to the numerous advantages it offers [23]. In biomedical engineering, for 

example, the miniaturization of laboratory equipment enables the development of lab-on-a-chip and 
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organ-on-a-chip technologies [130]. In addition to flow control, microfluidics utilize low volumes of 

reagents and samples, and increase the local concentration of diluted analytes [32].  

In order to design a microfluidic device that meets the needs of the required application, few 

dimensionless numbers need to be considered. The most important dimensionless number that describes 

the flow regime found within a microscale channel is the Reynolds number (𝑅𝑒= 𝜌𝐷ℎ𝑣/𝜇), where 𝜌 is 

the fluid density, 𝐷ℎis the characteristic length, 𝑣 is the mean fluid velocity, and 𝜇 is the dynamic fluid 

viscosity [23]. Re describes the ratio between inertial forces to viscous forces that dictates whether a flow 

is laminar (smooth) or turbulent (chaotic and irregular) [129]. In flow regimes where the Re is less than 

2,000, viscous forces dominate over inertial forces, causing laminar flow [131]. However, in 1961 Segre 

and Silberberg identified that in the intermediate Reynolds number range of 1 < Re < 100, both inertial 

and viscous forces are significant, resulting in secondary flow phenomena [131]. The interplay of these 

forces generates secondary flows and centrifugal forces, which can perturb the stability of the laminar 

flow [131]. This is more prominent in curved geometries (such as: serpentine channels) and in the 

presence of particles (such as: Magnetic particles) [131]. These secondary effects can alter the flow 

characteristics and the distribution of particles within the channel, challenging the stability of the 

otherwise expected laminar flow regime [131].  This is particularly beneficial when mixing of analytes 

and target delivery to the surface of electrodes is required in electrochemical signal enhancement. 

Therefore, the amalgamation of electrochemical biosensors and microfluidics is a practical approach for 

POC diagnostic devices development.  

2.6 Transport phenomena in electrochemical microfluidic systems  

Transport phenomena is a term used to describe the movement of fluids, particles, and heat within 

microfluidic systems [32]. The design and functionality of the microfluidic device relies primarily on 
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diffusion and convection. Diffusion is the process by which molecules move through a concentration 

gradient, from areas of high concentration to areas of low concentration, within the device [32].  However, 

convection describes the movement of fluid driven by pressure or temperature gradient [32]. In biosensing 

the balance between these two forces is crucial to achieve high sensitivity. Convection commonly utilized 

in replenishing depleting molecules, separation of particles, and mixing [23]. To balance these two forces, 

dimensionless numbers such as capillary number (𝐶𝑎= 𝜇𝑣/Υ), where Υ is the surface tension, and Peclet 

number ( 𝑃𝑒=𝑣𝐷ℎ/𝐷), where D is the diffusivity coefficient play a pivotal role [23]. In microfluidics a 

low capillary number describes a dominance of interfacial forces over viscous forces [19], whereas a low 

Pe number can be observed when convection dominates over diffusion [23, 132]. These dimensionless 

numbers are discussed further in the supplementary section of Chapter 4.  

Surface interactions and flow. Interactions between surface and molecules are governed by three modes; 

inflow (convection), mass transport (diffusion), and reaction rate (binding affinity) [49]. At static 

conditions diffusion is the only force impacting the movement of molecules from solution to the surface 

of the electrodes [32]. Diffusion force is a probabilistic movement that impacts molecules from all 

directions creating a diffusion layer that extends to the size of the microchannel [49]. Molecules move 

from high concentration (bulk) to low concentration (electrodes surface) creating a depletion zone [49]. 

In the introduction of flow, convection reduces the diffusion layer where part of the channel analyte 

movement is controlled by the flowrate of the fluid; the size of this diffusion layer depends on the Peclet 

number and can be varied depending on the application [49]. The diffusion layer in 1D can be calculated 

by 𝑥= √2𝐷𝑡 where 𝑥 is the average distance of a molecule with a diffusion coefficient of 𝐷 traveled in 
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time 𝑡. And the height of the depletion zone 𝛿=(
1

𝑃𝑒𝑠
)

1

3
  where 𝑃𝑒𝑠 is the shear Peclet number calculated 

by 𝑃𝑒𝑠=6(
𝐿

𝐻
)
2

𝑃𝑒 , where 𝐿 and 𝐻 are the electrodes length and channel height, respectively [129].  

Transport phenomena in microfluidic systems, while enhancing analyte delivery to sensing surfaces, can 

introduce biases or inefficiencies in the detection of low target concentrations [133]. Convection-

dominated transport may reduce interaction times for sparse molecules with the electrode surface, leading 

to lower capture efficiency [49]. Furthermore, wall adsorption in microfluidic systems might cause a loss 

of target analytes, further hindering the detection of low concentrations [133]. To mitigate these effects, 

optimizing flow rates to balance convection and diffusion, employing surface modifications to enhance 

binding efficiency, and minimizing sample dilution can facilitate the detection of low target 

concentrations. 

2.7 Categories of microfluidics in electrochemical biosensing 

Various types of microfluidic devices have been developed to meet the growing demand in POC 

diagnostic devices. Typically categorized in paper, channel, and digital microfluidics [23]. The 

fundamentals of paper microfluidics rely on creating a hydrophobic and hydrophilic regions, allowing the 

fluids to move along the fiber of the hydrophilic part of the microchannels, driven by capillary forces 

[134]. The liquid transport through these microchannels is particularly advantageous in eliminating the 

use of driving forces such as pumps [9]. Coupling paper-microfluidics with electrochemical biosensing 

introduces low-cost, flexibility, and disposability in POC diagnostic devices[9]. Compared to single flow 

direction lateral flow strips, paper-microfluidics can introduce 2D and 3D flow that enable multiplexing 

in electrochemical biosensors [134]. Digital microfluidics is the manipulation of discrete droplets by 

splitting, mixing, and dispensing through applying an electric potential across an array of electrodes [23]. 
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It differs from the other forms of microfluidics, where flow of fluid is not continuous [135]. Digital 

microfluidics is typically fabricated through two hydrophobic plate format, where droplets are sandwiched 

and controlled [23].  

Channel-based microfluidics, though requires external pressure source, is the only type able to provide 

real-time continuous monitoring of pathogens, able to accommodate small and large flow of volumes [16]. 

Among all the polymers used in the fabrication of flow-based microfluidics, PDMS is still the gold 

standard due to the excellent biocompatibility, transparency, and ease of use characteristics [136]. Despite 

PDMS being highly used in academic settings, it faces some challenges in scalability and 

commercialization due to the relatively higher cost compared to thermoplastics [137]. However, PDMS 

is desirable due to its flexibility in wet and dry chemical modifications using plasma activation [138], 

ultraviolet irradiation [139], piranha etching [140], and salinization [141]. Therefore, PDMS can 

successfully be altered to meet a wide range of biosensing needs. PDMS is fabricated using soft 

lithography with a resolution ranging from the nanometer to micrometer range, with great precision using 

a master mold[136]. Master molds are fabricated using different techniques depending on the required 

resolution from 3D printing, craft cutting, laser printing, and photolithography [136]. Successful 

commercialization was demonstrated by Fluidigm and Emulate, in producing multiple PDMS based 

microfluidics devices [136].  

2.8 Design and materials of electrochemical microfluidic devices 

2.8.1 Electrodes materials.  

The integration of electrodes within microfluidics must carefully address the application's specific needs 

while maintaining the components' integrity. Electrodes’ materials need to be inert, highly conductive, 

stable without severe degradation, cost effective, compatible with miniaturization, and can withstand 
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various ionic strength, temperature, and pH environments [27]. Commonly used materials include 

platinum, silver, copper, gold, palladium, nickel, and titanium [27] with their properties summarized in 

Table 2.1.  

Platinum is among the most stable material, can withstand high temperatures, and is mouldable, though 

very costly [142]. Silver, while affordable and stable in air, becomes less reliable in terms of degradation 

and signal stability in humid conditions [27]. Copper, the least expensive and readily available, offers 

high conductivity, making it a popular choice [27]; yet exhibiting very poor mechanical properties such 

as hardness, elasticity, and malleability at high temperature [143]. Doping copper with graphene has 

shown to improve these limitations. Graphene is known for high conductivity and excellent mechanical 

strength, however, less stable under high electrochemical stress [144].  

Nickel, though expensive with low energy efficiency, has been functionalized with proteins to achieve 

high specificity in biosensing [144]. Titanium is often used in conjunction with platinum/palladium to 

make electrodes, as it is an excellent conductor and able to improve electrolytic reactions [145].  

Gold is considered one of the best materials for biosensing, this is due to its excellent conductivity, and 

stability, however, less malleable and difficult to solder [27]. Gold offers both chemical and physical 

binding mechanisms that enhance sensitivity and specificity in biosensing. Chemically, gold forms strong 

covalent bonds with thiol (-SH) groups [146], while physically, it engages in van der Waals forces and 

electrostatic interactions that help stabilize DNA, proteins, and enzymes on its surface [147]. These 

interactions make gold an excellent material for immobilizing biomolecules, thus improving the 

performance of biosensors [27]. Gold is biocompatible and highly inert, making it resistant to oxidation 

and corrosion [27]. It is a great choice for biosensing due to its ability to enhance signal amplification 

without labels [148]. 
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Table 2.1 Summary of electrodes materials, properties, advantages, and limitations. 

Material Properties Advantages Limitations [ref] 

Platinum Inert, high conductivity, 

stable, moldable, high-

temperature resistance 

Excellent stability, durability High cost [142] 

Silver Low-cost, stable in air Economical, decent stability Less reliable in humid 

conditions 

[27] 

Copper Low-cost, readily 

available, high 

conductivity 

Cost-effective Poor mechanical properties 

at high temperatures 

[27] 

Graphene High conductivity, 

excellent mechanical 

strength 

Enhances copper's properties 

when doped 

Stability issues under high 

electrochemical stress 

[144] 

Nickel Low energy efficiency High specificity in sensing Expensive, low energy 

efficiency 

[144] 

Titanium High conductivity, 

improves electrolytic 

reactions 

Often used with 

platinum/palladium for 

enhanced performance 

Not commonly used alone in 

biosensing applications 

[145] 

Gold Excellent conductivity, 

biocompatible, inert, 

resistance to oxidation and 

corrosion 

High specificity and 

sensitivity for biosensing, 

enhances signal without labels 

Difficult to solder, relatively 

high cost 

[27] 

 

2.8.2 Microfluidic materials.  

The choice of materials largely impacts the functionality, cost, scalability, and the design of the 

microfluidic systems. A wide range of materials are used to fabricate microfluidic devices for biosensing, 

including silicon [149], ceramic [150], glass [151], paper [152], polymers [136], and thermoplastic [153] 

summarized in Table 2.2. Among these, polymer materials such as PDMS and epoxy resin are favored 

due to their biocompatibility, cost-effectiveness, ease of production, and excellent physiochemical and 

mechanical properties [27].  

Glass and silicon are typically employed as foundational substrates to stabilize and flatten polymers [151]. 

Both materials offer excellent chemical compatibility and bind easily to polymers such as PDMS, via 

plasma treatment [151]. Silicon was the first material used in microfluidics, given its extensive application 

in the semiconductor industry, which facilitated its transition into the microfluidics field [16]. It offers 
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great mechanical strength, thermal conductivity, and durability. However, silicon is expensive and non-

transparent, limiting its use in optical biosensing [16]. Glass, like silicon is valued for its chemical 

inertness and compatibility with polymers [135]. It performs well in applications involving harsh 

chemicals and high temperatures, and it produces a high signal-to-noise ratio, especially in fluorescence-

based biosensing [151]. However, it is less capable of withstanding high mechanical stress [151].  

Polymers are the most widely used materials in microfluidics due to their versatility, optical transparency, 

and biocompatibility [154]. PDMS is the leading polymer used in microfluidics because of its flexibility, 

optical clarity, and gas permeability making it ideal for biological applications [154]. Resin is another 

important material, especially in 3D printing, stereolithography (SLA), and digital light processing (DLP) 

due to its light-curing properties [155]. Resin is well suited for fabricating intricate details and high-

quality microfluidic devices [155].  

Thermoplastics are also extensively used in microfluidic chip fabrication. They offer biocompatibility, 

optical transparency, and desirable mechanical properties like flexibility and durability [156]. 

Thermoplastics can enhance biosensor sensitivity by enabling surface modifications and electrode 

integration, though their thermal stability can be compromised at high temperatures [156]. Common 

thermoplastics include Polymethyl Methacrylate (PMMA), known for its optical clarity and ease of 

bonding, and cyclic olefin copolymer, valued for superior chemical and thermal resistance [156].  

Other materials in microfluidics include paper, favored for low-cost diagnostics, ceramics for their 

mechanical strength and surface functionalization [150], and hydrogels for creating dynamic systems due 

to their shape-changing abilities [157]. 
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Table 2.2 Summary of microfluidics devices materials, advantages, and limitations. 

Material Properties Advantages Limitations [ref]  

Silicon Mechanical strength, 

thermal conductivity, 

durable 

Easy transition from 

semiconductors to 

microfluidics 

Not transparent, 

expensive, limited 

optical applications 

[16] 

Glass Chemical inertness, easy 

binding to polymers 

High signal-to-noise ratio in 

fluorescence biosensing, 

inertness 

Unable to withstand 

high mechanical stress 

[135] 

Polymers Versatile, optically 

transparent, 

biocompatible 

Flexibility, low cost, simple 

production 

Varies with polymer 

type, some may have 

lower durability 

[154] 

PDMS Flexibility, optical 

clarity, gas permeability, 

biocompatible 

Ease of fabrication Prone to absorption of 

small molecules 

[154] 

Epoxy Resin Light-curing properties, 

high-quality finishes 

Ideal for intricate details in 

3D printing 

Limited thermal 

stability compared to 

other materials 

[155] 

Thermoplastics Biocompatible, optical 

transparency, flexible 

Ease of surface modification Compromised thermal 

stability at high 

temperatures 

[156] 

Paper Low-cost, easy to handle Ideal for low-cost diagnostics Limited durability, not 

suitable for all 

applications 

[150] 

Ceramics Mechanical strength High durability, suitable for 

harsh environments 

More expensive, can be 

brittle 

[150] 

Hydrogels Flexible, biocompatible Ideal for dynamic systems 

and biological applications 

Mechanical properties 

can vary significantly 

[157] 
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Chapter 3 A comparison of DNA-DNA hybridization kinetics in 

complex media on planar and nanostructured electrodes 

 

Preface: In this chapter, we investigate the influence of nanostructured surfaces on real-time DNA 

hybridization kinetics compared to planar surfaces, using a wash-free, real-time, in situ electrochemical 

assay. The study examines the impact of varying probe and target concentrations on an electroactive DNA 

barcode hybridizing with a complementary probe on both surfaces in buffer and complex media cross a 

wide range of probe and target concentrations. This work enhances the understanding of DNA 

hybridization-based sensors, supporting the development of more effective biosensors for various 

applications. 

Authors: Enas Osman, Sadman Sakib, Roderick Maclachlan, Survanshu Saxena, Amir Ali Akhlaghi, Bal 

Ram Adhikari, Zijie Zhang, Yingfu Li, Leyla Soleymani 

Publications: Reproduced from ACS sensors, DOI: 10.1021/acssensors.4c00737 

Keywords: Electrochemistry; Biosensors; DNA Hybridization; Kinetics; Nanostructures; complex 

media; electrodes; DNA biosensors.  

3.1  Abstract  

A comprehensive investigation into how nanostructures alter real-time DNA hybridization kinetics in both 

buffer and complex media and under a wide range of probe and target concentrations is currently lacking. 

In response, we use a real-time, wash-free, and in situ assay to study DNA hybridization kinetics by 

performing continuous electrochemical measurements in different media. We investigated the differences 

in hybridization kinetics under three regimes of probe density (low, medium, and high) and over three 
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orders of magnitude of target concentrations (0.01-1 µM). Additionally, we compared the performance of 

planar and nanostructured electrodes in buffer, blood, urine, and saliva. Our experiments indicate that 

adding nanostructures to the transducer surface is only effective under a specific probe/target 

concentration regime. Additionally, we found that direct electrochemical readout is possible in the 

examined physiological media, with measurements in blood showing the highest and saliva showing the 

lowest signal magnitudes compared to buffer. 

3.2 Introduction 

Nanostructured surfaces including nanorods [117], nanowires [118], nanotubes [158], nanoparticles [125], 

and dendrites [121], have been used to lower the limit of detection,[117, 118] enhance the sensitivity [117, 

118, 159], and tackle the limitations of steric hindrance [121] in electrochemical DNA biosensors. 

However, most of the current investigations of nanostructured biosensors have not looked into the 

differences in performance of nanostructured and planar surfaces over a wide range of parameters 

including probe density, target concentration, or the presence of complex media. For example, a previous 

study demonstrated that fine and moderate nanostructuring of working electrodes housing probe DNA 

enhances DNA-DNA hybridization efficiency measured using chronoamperometry, with the former being 

more efficient due to higher probe density and larger deflection angle compared to planar electrodes [121]. 

This study explored the impact of nanostructures on electrochemical biosensing using a fixed probe and 

target concentration. In another investigation, an electrochemical steric hindrance hybridization assay was 

developed using finely nanostructured electrodes modified by DNA probes, which were used to capture 

protein-modified DNA barcodes designed to capture target proteins and transduce an electrochemical 

signal. This assay demonstrated an increased signal change with nanostructured electrodes compared to 

planar macroelectrodes with moderate to high probe density [78]. However, this study did not investigate 
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the effect of nanostructuring at different target concentrations and in complex matrices. In another 

example, the effect of morphology and thickness of nanostructured (nanoporous) electrode surfaces was 

studied on DNA-DNA hybridization efficiency measured using square wave voltammetry (SWV)[160]. 

Increased thickness enhanced hybridization current; however, beyond a certain surface area enhancement 

(~5³ relative to planar electrodes) the sensors exhibited a decline attributed to restricted analyte transport 

into the narrower features of porous gold [160]. Interestingly, at the time it took for planar electrodes to 

reach a hybridization-induced current change of 80%, nanostructured electrodes reached a 50% change, 

demonstrating slower response on nanostructured electrodes [160]. This difference is attributed to the 

time required for target molecules to permeate into the surface [160]. However, this investigation did not 

extend to complex media, in which the pore sizes could play a role in protein adsorption on surfaces [161]. 

Moreover, the study did not explore the use of low target concentrations (<250 nM), where different 

kinetics might be observed. Despite the existing studies demonstrating the correlation between 

nanostructuring and the magnitude of electrochemical current [93, 119, 162, 163], there is a need to 

investigate the kinetics of DNA-DNA hybridization on nanostructured and planar surfaces over a wide 

range of parameters. Of particular interest is the study of binding kinetics of methylene blue (MB)-labelled 

DNA to immobilized probe molecules, given the extensive use of these DNA molecules as a detection 

barcode in systems using CRISPR [164], functional nucleic acids [165], and DNA machines [166]. The 

response of MB solution on working electrodes using porous gold of different morphologies has been 

investigated using SWV [126]. The resultant change in signal compared to planar electrodes was closely 

aligned with surface area enhancement caused by the nanostructuring; however, the signal diminished 

upon subsequent scanning indicating that reduced MB molecules dissociate from the surface of the 

electrodes after each scan [126]. Furthermore, using nanostructures as a transducer for detecting DNA 

hybridization in the presence of free MB lowered the limit of detection of the assay by a 100-fold [126]. 
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This study is crucial to the understanding of the MB-surface interactions; however, it does not investigate 

the hybridization of MB-labelled DNA. The same porous gold system was used in another study to 

investigate the role of porous materials in DNA detection in bovine serum albumin and fetal bovine serum. 

The results show increased DNA-DNA hybridization efficiency when comparing porous gold electrodes 

to planar electrodes [161]. 

Herein, we sought to fill the gap in understanding real-time DNA-DNA hybridization kinetics using a 

MB-labelled DNA target binding to single-stranded DNA (ssDNA) probes immobilized on electroplated 

gold nanostructured (Nano-Au) and gold planar (Planar-Au) working electrodes. We selected gold 

nanostructures (Nano-Au) for their straightforward manufacturing process on commercial three-electrode 

chips, potential applicability in commercial devices, and extensive use in existing studies [120, 167-170].  

Leveraging a one-pot, wash-free, and reagent-less method, we generated hybridization kinetics data in 

real-time using SWV, directly in buffer and complex media. Using this method, we investigated Planar-

Au and Nano-Au electrodes over a range of probe densities (CP = 76-157 ³ 1011 molecules/cm2 for Planar-

Au and CP = 35-70 ³ 1011 molecules/cm2 for Nano-Au) and target concentrations (CT = 10-1000 nM) that 

are relevant for barcode-based biosensing. Additionally, we explored the use of three physiological 

matrices commonly used in diagnostic testing – blood, urine, and saliva – on DNA-DNA hybridization 

kinetics measured on Planar-Au and Nano-Au surfaces. This study can serve as a reference for selecting 

the most effective parameters for designing an application-specific biosensor. 

3.3  Experimental section  

Materials and reagents. Electrochemical sensors (eChips) with ablated working and counter gold 

electrodes and screen-printed Ag/AgCl (GSCL2W-SH) electrodes were purchased from Conductive 

Technologies Inc. DNA oligonucleotides were purchased from Integrated DNA Technologies 
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(Pennsylvania, USA) and Yale University (New Haven, USA). 40% 29:1 bis/acrylamide, sucrose 

(≥99.5%), sodium dodecyl sulfate (SDS), and urea were purchased from Bioshop (Ontario, Canada). 

Albumin from human serum (≥99%) solution,  bicarbonate buffer solution (>0.1 M Na2CO3, >0.2 M 

NaHCO3), bromophenol blue, chloroauric acid (HAuCl4, 99.99%), dimethyl sulfoxide (DMSO, ≥99.7%), 

ethylenediaminetetraacetic acid (EDTA, 99.4-100.6%), gold (III), magnesium chloride (MgCl2, ≥99.0%), 

6-mercapto-1-hexanol (MCH, 99%), phosphate buffer solution (PBS) (1.0 M, pH 7.4), potassium 

hexacyanoferrate (II), sodium acetate (CH3COONa, ≥99.0%), sodium chloride (NaCl, ≥99.0%), sodium 

hydroxide (NaOH, ≥97.0%, pellets), tris(2-carboxyethyl) phosphine hydrochloride (TCEP), tris-Borate-

EDTA buffer (TBE, 10³ concentrate), tris-EDTA buffer (TE, 100³ concentrate), and Tween-20, 

xylenecyanol FF were purchased from Sigma-Aldrich (Ontario, Canada). Hydrochloric acid (HCl, 37% 

w/w) was purchased from LabChem (Pennsylvania, USA). Ethanol (99%), sulfuric acid (H2SO4, 98%), 

and 2-propanol (99.5%) were purchased from Caledon Laboratories (Ontario, Canada). Methylene blue 

NHS ester was purchased from Glen Research (Virginia, USA). Deionized water (DI H2O) used in all 

experiments is dispensed using Milli-Q Synthesis A10 system and autoclaved. 

Electrode fabrication. The eChips containing planar-Au working electrodes were cleaned using 99% 

ethanol for a duration of 5 minutes to remove surface contamination. Subsequently, the surface was 

nanostructured (Nano-Au) by electroplating using chronoamperometry at a potential of -0.35V for a 

period of 300 seconds in 10 mM HAuCl4 in a solution of 0.5 M HCl using a potentiostat (Emstat2, 

PalmSens BV). Planar-Au and Nano-Au electrodes were both rinsed with 2-propanol and DI H2O, 

followed by cleaning using cyclic voltammetry cleaning in 0.1 M H2SO4 at a potential range of 0–1.5 V 

and scan rate of 100 mV s–1. For Planar-Au electrodes, 10 cycles of cyclic voltammetry were performed 

for cleaning, whereas Nano-Au electrodes underwent three cleaning cycles. All cleaning and sensing 



Ph.D. Thesis – Enas Osman; McMaster University - Biomedical Engineering. 

 

 

 

46 

measurements were done using a Palmsens4 potentiostat with a MUX8-R2 multiplexer extension 

(PalmSens BV).  

Chip bio-functionalization. After cleaning, the electrodes were functionalized with thiol modified 

ssDNA. The ssDNA oligonucleotides (Table S3.1) were reduced using 100³ TCEP in the dark at room 

temperature, then diluted to the desired concentration using 25 mM NaCl, 25 mM PBS, 100 mM MgCl2 

(25:25:100 buffer). After that, 5 µL of the solution was deposited on the working electrode of the eChips 

and incubated for 20-22 hours in a Parafilm sealed petri dish surrounded by wet Kim wipes in the dark at 

room temperature. The eChips were then passivated with 100 mM MCH for 10 minutes to reorient DNA 

and facilitate target hybridization. This optimal concentration of MCH and incubation time for this probe 

are based on previous protocols that involve DNA-DNA hybridization [93, 171],  which are significantly 

different from the parameters (lower concentrations and longer incubation times) that are used with 

structure switching aptamers [172-174].  Our studies find that parameters used for structure switching 

aptamers lead to very week hybridization currents in this assay (Figure S3.1). The target DNA was diluted 

with 25 mM NaCl, 25 mM PBS, 100 mM MgCl2, 0.001% Tween 20 (PM20 buffer) to the desired 

concentration. For experiments with complex media, PM20 was used to dilute the media to the desired 

concentration.  

Redox tagging. ssDNA target (Table S3.1) was tagged with the redox molecule methylene blue according 

to the manufacturer’s protocol. For every 200 nmols of barcode DNA, 12 µl of MB NHS (in DMSO) was 

mixed in bicarbonate buffer solution and incubated for three hours at room temperature followed by an 

overnight incubation in -20. Purification of oligos was carried out using 10% denaturing polyacrylamide 

gel electrophoresis (10% urea, 10% of 40% 29:1 bis/acrylamide, 25% of 10³ TBE). Gel electrophoresis 

was performed at 35 mA (36 W) for one hour. The DNA bands were visualized using a UV lamp (260 
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nm). The gel pieces containing the DNA were crushed using a sterile pipette tip and 600 µL of elution 

buffer (2 mM NaCl, 10 mM Tris (pH = 7.0), 1 mM EDTA) was added to the DNA samples. The tubes 

were then rotated in a gentle mixer (Tube rotator, VWR) overnight. The samples were centrifuged at 13.4k 

rpm for 90 seconds and 400 µL of the eluted DNA was carefully removed and added to a fresh tube, this 

step was repeated twice. Ethanol precipitation was then done on the eluted DNA. Finally, the DNA 

samples were dissolved in 1³ TE buffer, and their concentration was measured at 260 using a UV-Vis 

spectrophotometer. Gel purification protocol is adapted from Ali et al [175]. 

Electrochemical characterization. Cyclic voltammetry validation was carried out on bare electrodes, 

and electrodes following probe deposition and then MCH deposition to control consistency and quality. 

The cyclic voltammetry scans were done in 2 mM potassium hexacyanoferrate (II) solution with a 

potential range from 0.2 V to 0.5 V at a scan rate of 50 mV s–1. SWV measurements were recorded pre-

target deposition and then ran continuously upon target deposition until a plateau or a decrease in the 

peaks were detected in PM20 (25 mM NaCl, 25 mM PBS, 100 mM MgCl2, 0.001% Tween 20) buffer. 

SWV curves were recorded across a voltage range of 0 V to –0.6 V at a frequency of 60 Hz. Every 

experiment contained 6-8 electrodes; results represent average ± standard error.  

Materials characterization. Scanning electron microscopy (SEM) was performed on a JEOL 70000F. 

Samples were coated with 3 nm of platinum before imaging.  

3.4 Results and discussions  

3.4.1  Developing a model electrochemical sensor for studying DNA hybridization kinetics.  

To study the effect of transducer surface morphology, probe density, and sample matrix in the development 

of electrochemical biosensors, we created a simple model system for monitoring the real-time 

hybridization of target ssDNA to probe ssDNA. The target DNA was modified with MB for generating a 
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redox signal and probe DNA was modified with a thiol group for functionalization on gold working 

electrodes through formation of thiol-metal complexes [176]. The employment of a labelled target is 

commonly used for detecting the barcodes released from functional nucleic acids [93], CRISPR/Cas 

systems [177], or DNA machines [178]. In our system, the use of MB-labelled DNA was used to study 

DNA hybridization kinetics under different electrode morphology and assay conditions. 

We first sought to study the effect of electrode surface morphology on DNA hybridization kinetics under 

different probe and target concentrations, compared to limited probe and target concentration parameters 

reported in literature (Table S3.2). This would enable us to fully understand the role of electrode 

morphology, not just under a single operating condition, but over a range of parameters. For this purpose, 

we modified planar gold working electrodes using electrodeposition to create a nanostructured surface 

(Figure 3.1-i), causing a lower contact angle average on Nano-Au (Figure S3.2a).  A greater amount of 

gold was deposited at the edges of the electrodes compared to the inner region (Figure S3.2b,c), caused 

by diffusion-limited growth [179]. We cleaned the electrodes, measured their electroactive surface 

area,[180] and modified them with probe DNA and backfilled them with MCH (Figure 3.1b-ii) for 

conducting real-time hybridization kinetics experiments (Figure 3.1-iii). Electrodeposition on the working 

electrodes of commercially available three-electrode chips increased the electroactive surface area by 

340%. Cyclic voltammetry was employed to validate the success of both electrode cleaning and 

biofunctionalization (Figures S3.3 and S3.4).  

DNA hybridization kinetics were then evaluated using Planar-Au and Nano-Au electrodes by 

continuously measuring square wave voltammograms and extracting the peak currents (Imax) until a 

plateau or decrease was reached (Figure 3.1-iii,iv). Based on previous studies, we believe the measured 

Imax is correlated with the concentration of hybridized target ssDNA at the examined frequency of 60 Hz. 

This previous study demonstrated that when the distance between the methylene blue and the electrode 
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surface is fixed and in almost direct contact, similar to our duplex with the methylene blue on the terminal 

side, the square wave voltammograms measured at ≥ 50 Hz report on the concentration of methylene blue-

labeled DNA duplex on the surface [181, 182]. Additionally, our results demonstrate that increasing the 

SWV measurement frequency, increases the Imax; however, the current trend remains unchanged at 

different measurement frequencies (Figure S3.5). 

 

Figure 3.1 Fabrication and operation of the redox DNA barcode assay used for measuring DNA 

hybridization kinetics in real-time. (i) Scanning electron micrographs of the surface morphology of 

Planar-Au and Nano-Au electrodes. (ii) DNA probes are immobilized onto the electrode surface, 

backfilled with MCH, and used to capture redox DNA barcodes. (iii) SWV is used to detect the signal and 

assess DNA hybridization. (iv) DNA hybridization kinetics is analyzed by extracting Imax versus time. 

Schematics are created with BioRender.com 
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3.4.2  Effect of probe density on hybridization kinetics. 

In order to measure the effect of probe density on hybridization kinetics, Planar-Au and Nano-Au 

electrodes with low (LP), moderate (MP), and high (HP) probe densities were created (Figure S3.6a), with 

probe densities measured using a previously-reported electrochemical technique (see methods in the SI) 

.[111] We then measured hybridization kinetics on each of the six sets of electrodes (Figure 3.2a) by 

monitoring Imax extracted over time (Figure 3.2b). The measured signals exhibit second order transient 

kinetics [183] with an initial signal-lag phase, linear increase in the middle, and a final plateau or a 

decrease (Figure 3.2b). The initial readout delay is likely due to the time needed for the diffusion of target 

molecules to the electrode surface and/or the trade-off between nonspecific adsorption and specific target 

capture at the electrode surface [179]. Additionally, Imax is generally larger for the Nano-Au compared to 

Planar-Au electrodes operated in the same parameter space due to the larger number of probes on the 

electrode surface for each probe density category (Figure S3.6b). An exception to this trend is Nano-Au 

electrodes at the lowest target concentration (CT), which was insensitive to the probe density. It is possible 

that the system is operating under diffusion-limited conditions at the lowest CT, making it insensitive to 

surface parameters [49]. Interestingly, Imax drastically increases as the probe concentration (CP) is 

increased for Planar-Au electrodes; however, this change is less pronounced for Nano-Au electrodes 

(Figures 3.2 and S3.7). This is likely caused by the higher number of probes on the Nano-Au surface, 

providing sufficient probes for hybridization even at the lowest probe density. Interestingly, in some cases 

when CT is high, we observe a decrease in Imax following a peak signal. We hypothesize this to be related 

to high target concentration, which results in more than one target molecules compete for a single binding 

site, creating a metastable state [184], or target bridging [130] Eventually, the system will reach stable 

hybridization, explaining the relaxation of the overshoot peak [184, 185]. Additionally, the examined 

electrodes, Planar-Au or Nano-Au, did not demonstrate a significant decrease in probe density in the 
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timeline of the experiment (Figure S3.8). This confirms that the loss is signal is likely related to the 

hybridization reaction.  

Planar-Au-HP (Figure 3.2b-i) and Nano-Au-LP (Figure 3.2b-vi) have a similar number of probe molecules 

(Figures 3.2a and S3.6b). Interestingly, Nano-Au electrodes reach a higher Imax compared to Planar-Au 

electrodes for only the highest CT. Furthermore, these observations are consistent with area-normalized 

kinetics curves (Figure S3.9).   

Additionally, we evaluated non-specific adsorption of a non-complementary strand on Planar-Au and 

Nano-Au. No significant signal was detected on either of these surfaces (Figure S3.10). We also assessed 

depositing the same CP (low = 0.1 µM, high = 5 µM) on Nano-Au and Planar-Au electrodes, which also 

results in a higher Imax on Nano-Au compared to Nano-Planar (Figure S3.11). This can be caused by the 

higher angle of deflection [186] and the resultant decrease in electrostatic repulsion and steric hindrance 

offered by probes immobilized on Nano-Au surfaces, which is more prominent when interacting with 

higher CT.  
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Figure 3.2 DNA hybridization kinetics on Nano-Au and Planar-Au electrodes. a) The conditions used for 

fabricating six classes of electrodes. b) Hybridization kinetics for (i) Planar-Au-Hp, (ii) Nano-Au-Hp, (iii) 

Planar-Au-Mp, (iv) Nano-Au-Mp, (v) Planar-Au-Lp, and (vi) Nano-Au-Lp. Insets for (i) and (vi) 

represent number of probe molecules and the insets for (ii) and (v) represent probe density of Planar-Au 

and Nano-Au surfaces. All kinetic measurements (Imax) are extracted from SWV curves measured on a 
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three-electrode electrochemical chip with a Ag/AgCl reference electrode. Results represent average ± 

standard error (n = 6-8). Schematics are created with BioRender.com. 

3.4.3  Effect of whole blood on hybridization kinetics.  

To further understand the differences between Nano-Au and Planar-Au under real-life measurement 

conditions, we assessed Planar-Au-HP and Nano-Au-LP electrodes in different dilutions of whole blood 

(100% (undiluted), 50%, and 25%) (Figure 3.3, panels a and b) at probe numbers of 7.6 ± 1 and 8.5 ± 0.5 

(molecules × 1011), respectively. This condition was selected because of the comparable number of probe 

molecules on these two classes of electrodes. Interestingly, Nano-Au exhibits a higher Imax and slower 

hybridization rates in diluted blood compared to buffer, whereas Planar-Au shows both a lower Imax and 

slower hybridization rates in diluted blood. In undiluted whole blood, both Planar-Au and Nano-Au show 

a lower Imax compared to buffer; however, Nano-Au exhibits faster hybridization kinetics compared to 

Planar-Au, reaching an Imax of 1.4 µA in 7 minutes (Figure 3.3a), as opposed to 260 minutes in Planar-Au 

(Figure 3.3b). The slower hybridization rate of Planar-Au in undiluted whole blood compared to Nano-

Au might be caused by higher protein adsorption on planar-Au compared to Nano-Au (Figure S3.12, 

Table S3.3). The decreased Imax in whole blood compared to buffer is expected due to the interference of 

blood components, including cells and proteins, with DNA-DNA hybridization,[187] potential degradation 

of DNA probes in complex media [188], and surface passivation caused by the nonspecific binding of 

proteins [161, 189]. However, the increased signal measured in diluted blood compared to buffer for 

Nano-Au is unexpected and could be caused by higher ionic strength of the diluted blood solution [190] 

or the role of hemoglobin in redox recycling of MB at the surface of the electrode [191]. This signal 

increase can also be caused by the heterogeneity of clinical samples assessed (Figure S3.13).
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Figure 3.3 Evaluation of hybridization kinetics of DNA-DNA binding in different dilutions of 

whole blood. Whole blood was diluted (25% and 50%) and spiked with MB-labelled DNA targets 

and left on the electrode, followed by SWV measurements versus Ag/AgCl on a) Nano-Au (CP = 

1.25 µM, CT = 1 µM) and b) Planar-Au (CP = 1 µM, CT = 1 µM) electrodes. Undiluted whole 

blood (100%) and buffer solutions containing 25 mM NaCl, 25m M PBS, 100 mM MgCl2, 0.001% 

Tween 20 (0%, buffer) spiked with MB-labeled DNA were used as controls. All experiments are 

performed using the same blood samples. Results represent average ± standard error (n = 6-8). 

Schematics are created with BioRender.com. 

3.4.4 Effect of other complex media on hybridization kinetics.  

After comparing the hybridization kinetics of Nano-Au and Planar-Au in blood, diluted (50%) 

saliva and urine samples were also used for comparing the performance of these electrodes (Figure 

3.4, panels a-d). We observed a significant decrease in Imax in urine and saliva compared to both 

blood and buffer used on Nano-Au and Planar-Au. The reduction of Imax in urine and saliva 
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compared to buffer has been previously observed [161, 163], and can be attributed to the 

differences in the ionic strength and composition of these media. It has been previously reported 

that saliva has the lowest ionic strength followed by urine and blood, respectively (Table S3.4).[192] 

It should be noted that, the DNA binding energy is known to increase with a higher concentration 

of salt [79]. Interestingly, Imax and hybridization rate are higher in Nano-Au for all the tested target 

solutions compared to Planar-Au, indicating that under the same conditions more hybridization 

events are occurring on Nano-Au surfaces. As expected, blank matrices (blood, saliva, urine) 

showed no detectable signals in the absence of ss-DNA targets (Figure S3.14). Additionally, we 

studied the repeatability and reproducibility of the DNA-DNA hybridization kinetics by reporting 

the percentage of the coefficient of variation (Figure S3.15), where reproducibility enhances as we 

move towards plateau of the signal, in addition Nano-Au demonstrating lower percentages overall 

in complex media. 
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Figure 3.4 Hybridization kinetics modelling. Hybridization kinetics and kinetics modeling of 

Nano-Au and Planar-Au in different complex media. Hybridization kinetics in a) buffer, b) blood, 

c) saliva, and d) urine. e) Pseudo-first order association model to generate a fit for the association 

part of the Imax versus time curves. f) Binding kinetic parameters of buffer and complex media 
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extracted from the pseudo-first order association model (T1/2, Ispan) and first order transient binding 

model (Kd), along with goodness of the fit parameters, R2 and Standard error (SE). All kinetic 

measurements (Imax) are extracted from SWV curves measured on a three-electrode 

electrochemical chip versus Ag/AgCl reference electrode. Nano-Au-Lp (CP = 1.25 µM, CT = 1 µM) 

and Planar-Au-Hp (CP = 1 µM, CT = 1 µM) were used for these experiments. Results represent 

average ± standard error (n = 6-8). Schematics are created with BioRender.com. 

In order to better understand the trends that govern target hybridization kinetics on Nano-Au and 

Planar-Au surfaces in buffer and complex media, we used a first-order association kinetics model 

(Eq 1-3) to generate a fit for the association part of Imax versus time (t) curves (Figure 3.4e) [193]. 

𝐼𝑚𝑎𝑥=𝐼𝑧𝑒𝑟𝑜+(𝐼𝑝𝑙𝑎𝑡𝑒𝑎𝑢−𝐼𝑧𝑒𝑟𝑜)×(1−𝑒
−𝑘𝑡) Eq 1 

𝑇1/2= 𝑙𝑛(2)𝛫⁄  Eq 2 

𝐼𝑠𝑝𝑎𝑛=𝐼𝑝𝑙𝑎𝑡𝑒𝑎𝑢−𝐼𝑧𝑒𝑟𝑜 Eq 3 

Where, Imax is the maximum current reached experimentally, Izero is the current at t=0, Iplateau is the 

extrapolated plateau current reached at t = ∞, K is the hybridization rate constant, T1/2 (half-time) 

is the time it takes for half of the initial target to hybridize [193]. 

In order to fit the increasing part of the hybridization kinetics curve, we used a first order transient 

response kinetics model  Eq 4-5 [183]. 

𝐶𝑃+𝐶𝑇 

𝑘1
→

𝑘2
←
  𝐶𝑃𝐶𝑇 

Eq 4 

𝐾𝑑= 𝑘2𝑘1⁄  Eq 5 
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Where, CP and CT  represent probe concentration in solution, and target concentration, respectively. 

The association and disassociation constants for the probe/target pairs are defined as k1 and k2, 

respectively. The equilibrium constant (Kd) defined as the ratio of the K2 and K1 [183].  

We extracted and tabulated the most significant parameters (T1/2, Ispan, and Kd) that govern 

hybridization kinetics for Nano-Au and Planar-Au electrodes operated in buffer as well as diluted 

complex media (Figure 3.4f), and included all modeling parameters in Table S3.3, S3.5, S3.6.  

Using this analysis, we obtain a lower T1/2 and Kd and a higher Ispan on Nano-Au compared to 

Planar-Au electrodes, regardless of the testing medium used. This indicates that Nano-Au 

electrodes enable faster hybridization kinetics when operated under similar conditions to Planar-

Au electrodes, regardless of the testing medium used.  

3.5 Conclusion 

This study is focused on comparing the hybridization kinetics of ssDNA probes immobilized on 

planar versus nanostructured electrodes under different probe concentrations, target concentration, 

and analysis media. We used a MB-labelled ssDNA as the target and performed a wash-free and 

one-pot assay for real-time readout of DNA hybridization directly in complex media. These 

experiments demonstrate that: 

1. Nanostructured electrodes induce higher hybridization currents when targeted with mid-high 

(0.1-1 µM) target ssDNA concentrations compared to planar electrodes at the same category 

of probe density due to the higher total number of probes available on nanostructured 

electrodes. However, under low target concentrations (0.01 µM), they do not generate higher 

hybridization currents than planar electrodes, even when they house more probes. 
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2. When nanostructured and planar electrodes hold similar number of ssDNA probes, 

nanostructured electrodes produce larger currents under high (1 µM) target ssDNA 

concentrations. 

3. In general, the hybridization current is more sensitive to probe density for planar electrodes 

compared to nanostructured electrodes. 

4. Both planar and nanostructured electrodes are capable of reading real time hybridization 

currents directly in undiluted blood and diluted blood.  

5. The planar versus nanostructured electrode performance in complex media follows the trend 

observed in buffer. Real time electrochemical signal readout directly in diluted blood, urine, 

and saliva is possible with the Imax in blood > Imax in urine > Imax in saliva. 

In summary, it is not possible to generalize performance enhancements seen with nanostructured 

electrodes to all conditions. Hybridization kinetics are highly dependent on probe and target 

density, as well as electrode morphology. 
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3.7 Supplementary information  

3.7.1 Supplementary methods 

Characterization of electrodes. Contact angle measurements were done on a KRUSS DSA30S 

Drop Shape Analyzer with 5 μL of DI H2O. 
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Probe density calculation. The probe density on the surface was calculated using steels et al 

[111]. Chronocoulometry was performed sequentially in 10 mM tris-buffer and in 100 µM 

Hexaammineruthenium (III) chloride (Ruhex) in 10 mM tris-buffer. The surface density of the 

redox marker is then calculated using the following formula: 

Q=nFAГ0 

Where, n indicates the number of electrons per molecule for a redox reaction, F is the Faraday 

constant, A is the area of the surface, and Г0 is the density of adsorbed Ruhex ion. Redox marker 

density can be converted to DNA probe coverage using the following formula: 

ГDNA=Г0(
z

m
)NA 

Where, ГDNA is the density of probe, m is the number of bases in probe DNA, z is the charge of 

the redox molecule, and NA is Avogadro’s number. This experiment determined the six different 

probe densities conditions of Planar-Au and Nano-Au. 

 

Surface adsorption measurements via radiolabeling. Radiolabelled I-I125 was prepared using 

the iodine monochloride method[194] to determine the adsorption of radiolabelled proteins on the 

biofunctionalized Planar-Au and Nano-Au electrodes. Human serum albumin (I) was radiolabeled 

with iodine-125 (I125, radiochemical purity 98%, McMaster Nuclear Reactor) as follows. A 

mixture of 1 mL of 10 mg/mL I and 0.2 mL of 2 M glycine buffer (pH 8.8) was prepared at a 5:1 

ratio (vial A1). A 0.178 mL solution of 0.0033 M ICl reagent (prepared in-house) [195] was mixed 

with 0.891 mL of 2 M glycine buffer at a 1:5 ratio (vial B). A 20 µL solution of [125I]-NaI (1000 

µCi) in 0.1 M NaOH was added to vial B. After mixing for 3 minutes, the contents of vial B were 

transferred to vial A and mixed for 5 minutes. Syringes packed with AG1-X4 resin (Bio-Rad, 

Hercules, CA, USA) were used to remove any unbound free-125I by passing the radiolabelled 
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protein through it, followed by rinsing with 5 mL of 1³ PBS. The collected radiolabelled protein 

was tested for free-125I using trichloroacetic acid precipitation of proteins (<3%). A 3 µL solution 

of 0.6 mg/mL I-125I (working solution) in 1³ PBS was incubated with the prepared electrodes for 

one hour at room temperature, followed by washing 3x in 25 mM PBS / 25 mM NaCl buffer to 

remove any loosely bound protein. The electrodes were dried using Kim wipes and then loaded 

onto counting vials. The adsorbed protein radioactivity was measured from counting vials using 

Perkin Elmer Wizard 3 1480 Automatic Gamma Counter. Standards of working solution (0-32 µg) 

in 1³ PBS were also prepared to quantify the measured radioactivity counts. All adsorption 

measurements were normalized using the electroactive area of individual electrodes.  

 

Ionic strength calculations. The ionic strength formula [196] is: 

 

𝐼𝑜𝑛𝑖𝑐 𝑠𝑡𝑟𝑒𝑛𝑔𝑡ℎ= 
1

2
 ∑ 𝑐𝑖

𝑛

𝑖=1

×𝑧𝑖
2) 

 

Where 𝑐𝑖 is the concentration of ions and 𝑧𝑖
2 charges of ions squared.  

 

Statistical analysis. Statistical analyses were conducted via GraphPad Prism 8.0 for windows 

software, and the results were presented as average ± standard error. Average current was 

calculated from measurements done on 6-8 different electrodes. Curve fitting was performed using 

the SciPy API in Python 3.8. The kinetics data were plotted as Imax (µA) as a function of time. The 

curves fitted to the kinetics data were based on first order binding kinetics and which is described 

by a transient kinetics response [183]. 
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The mechanism for the basic first order transient response kinetics model is: 

𝐶𝑃+𝐶𝑇 

𝑘1
→

𝑘2
←
  𝐶𝑃𝐶𝑇 (Eq S1) 

 

Where CP and CT represent probe concentration, and target concentration respectively. K1 is the 

association rate constant, and K2 is the dissociation rate constant   

Solving the differential equation for time-domain response 

 

𝐶𝑃𝐶𝑇= 
𝐵𝑚𝑎𝑥  [𝐶𝑇]𝑘1
[𝐶𝑇]𝑘1+𝑘2

 (1−𝑒−([𝐶𝑇𝑘1+𝑘2).𝑡) (Eq S2) 

 

 

The equation is then modified to convert Eq S2 into current based phenomena, and accounting for 

the initial signal lag.  

 

𝐼= 
𝐴 [𝐶𝑇]𝑘1
[𝐶𝑇]𝑘1+𝑘2

 (1−𝑒−([𝐶𝑇𝑘1+𝑘2).𝑡)+−𝑨𝟐𝒕𝒆
−𝒕𝝉⁄+𝑏 (Eq S3) 

 

Where 𝐼  represent Imax extracted from SWV (µA); 𝐴 - Sensitivity (µA/µM); and 𝑏  is the baseline 

current (µA).  
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3.7.2 Supplementary tables 

 

Table S3.1 DNA oligonucleotides used in this study [93]. 

Name Label Sequence (5’-3’) Note 

Barcode 5ʹ-Methylene 

blue 

MB-

TTTTTTGTGTGACTCTTCCTAGCT 

24 nucleotides  

Thiolated probe 3ʹ-Thiol  TAGCTAGGAAGAGTCACACA-SH  20 nucleotides 

 

Table S3.2 Kinetics parameters summary of DNA-DNA hybridization using planar and 

nanostructured electrode from this study and in literature. 

Method 
Surface 

morphology 
Matrix 

Probe 

concentration 

(μM) 

Target 

concentration 

(nM) 

[ref] 

Chronocoulometry 

Planar, 

moderately and 

finely 

nanostructured 

Buffer 
5 

 
1 [121] 

Alternating current 

voltammetry 
planar Buffer 0.001-10 200 [197] 

Square wave 

voltammetry 

Planar and 

nanostructured 
Buffer 100 

30, 1000, 

3000 
[78] 

Chronocoulometry and 

electrochemical 

impedance 

spectroscopy 

planar Buffer 
9.5 

 
500 [198] 

Square wave 

voltammetry 
planar 

Different 

concentrations 

of buffer 

0.1 100 [79] 

Square wave 

voltammetry 

Planar and 

porous electrodes 
Buffer 5 

250, 500, 

1000, and 

4000 

[160] 
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Table S3.3 Different dilutions of blood binding kinetic parameters and goodness of fit (R2, standard 

error (SE)) of the pseudo-first order association model and the first order transient binding kinetics 

model for Cp=1 µM for Planar-Au and CP = 1.25 µM for Nano-Au, CT = 1 µM for both surfaces. 

The 0% dilution represent target in PM20 (25 mM NaCl, 25 mM PBS, 100 mM MgCl2, 0.001% 

tween20) buffer. 

eChip Blood 
I

plateau 

(µA) 

I
plateau 

SE 

(µA) 

K
 

(min
-1

) 

K 

SE 

(min
-1

) 

T
 

(min) 

T 

SE 
(min) 

T
1/2 

(min) 

T
1/2 

 

SE 

(min) 

I
span

 

(µA) 

I
span

 

SE 

(µA) 

R2 
K

1
 

(10
6

M
-1

min
-1

) 

K
1
SE 

(10
6

M
-1

 min
-1

) 

K
2
 

(min
-1

) 

K
2 
SE 

(min
-1

) 

Kd 

(10
6

M
-1

) 

Kd
 
SE 

(10
6

M
-1

) 
R2 

N
an

o
-A

u
 

0% 4.57 0.02 0.16 0.001 6.22 0.05 4.31 0.04 3.68 0.02 0.99 0.41 0.150 0.230 0.020 0.561 0.2110 1.00 

25% 6.06 0.049 0.10 0.004 9.94 0.5 6.89 0.35 5.47 0.11 1.00 0.24 0.100 0.047 0.007 0.196 0.0867 1.00 

50% 6.59 0.045 0.06 0.003 15.92 0.78 11.04 0.54 6.09 0.12 0.99 0.13 0.060 0.003 0.001 0.023 0.0131 1.00 

100% 1.44 0.012 0.58 0.09 1.72 0.33 1.19 0.23 1.11 0.04 0.98 0.06 0.018 0.870 0.180 14.500 5.2842 0.95 

P
la

n
ar

-A
u
 

0% 2.82 0.01 0.15 0.001 6.77 0.06 4.69 0.04 2.01 0.012 0.99 0.23 0.060 0.290 0.400 10.583 5.5278 1.00 

25% 2.53 0.05 0.065 0.005 15.35 1.34 10.64 0.93 2.35 0.07 0.99 0.10 0.030 0.010 0.001 0.103 0.0335 1.00 

50% 2.52 0.09 0.033 0.005 30.03 5.3 20.81 3.69 2.15 0.1 0.99 0.09 0.020 0.005 0.001 0.056 0.0166 1.00 

100% ~ ~ ~ ~ ~ ~ ~ ~ ~ ~ ~ 0.02 0.004 1.64e-5 5.44e-6 0.001 0.0004 ~ 

 

Table S3.4 A Summary of the ionic composition of buffer, plasma, urine, and saliva. 

Ions/media 
Buffer 

(mmol/L) 

Plasma [199, 200] 

(mmol/L) 

Urine [201] 

(mmol/L) 

Saliva [202] 

(mmol/l) 

Mg+2 100 1.5 0.7–8.7 <0.1 

Cl 125 103 11.1–222.3 16 

Na+1 50 142 3.8–255.5 9 

Ca+2 - 2.5 0.6–10.7 0.98 

K+1 - 5 4.2–100 21.5 

H2PO4
− 25 1.0 3.1–48.4 6 

HCO3
- - 27 - - 

Ionic strength 487.5 301.5 30.35-685.35 52.41 
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Table S3.5 Binding kinetics parameters and goodness of fit (R2, standard error (SE)) of the 

pseudo-first order association model of 50% target spiked blood tested with varying probe 

densities with the following CP (LP = 1.25 µM, MP = 2.5 µM, HP = 5 µM) on Nano-Au and (LP = 

0.1 µM, MP = 0.5 µM, HP = 1 µM) and Planar-Au surfaces and CT = 1 µM. The 0% value 

represents target spiked in in PM20 buffer (25mM NaCl, 25mM PBS, 100mM MgCl2, 0.001% 

tween20). 

eChip Blood Probe Iplateau (µA) Iplateau SE (µA) K (min-1) K   SE (min-1) T (min) T SE (min) T1/2 (min) T1/2 SE (min) Ispan (µA) Ispan SE (µA) R2 

N
an

o
-A

u
 

0% LP 4.57 0.005 0.16 0.001 6.22 0.05 4.31 0.04 3.68 0.02 0.99 

50% LP 6.59 0.045 0.06 0.003 15.92 0.78 11.04 0.54 6.09 0.12 0.99 

0% MP 6.63 1.010 0.03 0.006 35.90 10.4 24.89 7.22 6.98 0.94 0.97 

50% MP 5.38 0.036 0.12 0.005 8.07 0.36 5.59 0.25 4.90 0.09 1.00 

0% HP 6.34 0.230 0.02 0.001 59.99 3.73 41.58 2.58 7.14 0.19 0.96 

50% HP 10.68 0.060 0.02 0.001 46.39 1.49 32.16 1.04 9.87 0.11 1.00 

P
la

n
ar

-A
u
 

0% LP 0.59 0.006 1.56 0.240 0.64 0.13 0.45 0.09 0.27 0.02 1.00 

50% LP 0.31 0.003 1.93 0.490 0.52 0.10 0.36 0.07 0.13 0.01 0.99 

0% MP 1.22 0.010 0.16 0.010 6.46 0.31 4.48 0.22 1.07 0.02 0.97 

50% MP 2.76 0.036 0.09 0.005 11.31 0.67 7.84 0.47 2.48 0.06 1.00 

0% HP 2.82 0.002 0.15 0.001 6.77 0.06 4.69 0.04 2.01 0.01 0.99 

50% HP 2.52 0.090 0.033 0.005 30.03 5.30 20.81 3.69 2.15 0.10 0.97 

 
 
 

Table S3.6 Binding kinetics parameters and goodness of fit (R2, standard error (SE)) of the first 

order transient binding kinetics model target spiked in 50% blood tested with varying probe 

densities with CP (LP = 1.25 µM, MP = 2.5 µM, HP = 5 µM) on Nano-Au and (LP = 0.1 µM, MP = 

0.5 µM, HP = 1 µM) and Planar-Au surfaces and CT = 1 µM. The 0% value represents target spiked 

in PM20 buffer (25mM NaCl, 25mM PBS, 100mM MgCl2, 0.001% tween20). 

eChip Blood Probe (µM) 
K1 

(106M-1 min-1) 

K1 SE 

(106M-1 min-1) 
K2 (min-1) K2 SE (min-1) Kd  (106M-1) Kd  SE (106M-1) R2 

N
an

o
-A

u
 

0% LP 0.41 0.15 0.230 0.020 0.561 0.2110 1.00 

50% LP 0.13 0.06 0.003 0.001 0.023 0.0131 1.00 

0% MP 0.96 0.15 0.090 0.030 0.094 0.0345 1.00 

50% MP 0.30 0.15 4.0e-4 2.0e-4 0.001 0.0009 0.90 

0% HP 0.22 0.10 1.0e-4 5.3e-5 0.001 0.0003 1.00 

50% HP 0.07 0.02 6.5e-5 2.8e-5 0.001 0.0005 1.00 

P
la

n
ar

-A
u
 

0% LP 0.15 0.02 0.670 0.280 4.467 0.4387 1.00 

50% LP 0.07 0.02 0.590 0.180 8.429 3.5230 1.00 

0% MP 0.16 0.07 0.810 0.290 5.063 2.8619 0.99 

50% MP 0.08 0.01 0.180 0.060 2.250 0.8010 1.00 

0% HP 0.23 0.06 0.290 0.040 1.260 0.3721 1.00 

50% HP 0.09 0.02 0.005 0.001 0.056 0.0166 1.00 
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3.7.3 Supplementary figures 

 

 
Figure S3.1 The effect of 6-Mercapto-1-hexanol (MCH) concentration and deposition time on 

DNA hybridization kinetics on Planar-Au electrodes. Comparing the evolution of Imax on 

electrodes modified with 1 mM MCH for 4 hours (circles) and 100 mM of MCH for 10 minutes 

(squares). CP = 0.5 µM, CT = 0.1 µM, targets are suspended in 25 mM NaCl, 25 mM PBS, 100 mM 

MgCl2, and 0.001% Tween 20.  All kinetic measurements (Imax) are extracted from SWV curves; 

measured on a three-electrode electrochemical chip with an Ag/AgCl reference electrode. Results 

represent average ± standard error (n = 3). 
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Figure S3.2 Planar-Au and Nano-Au surface characterization. a) Contact angle for Planar-Au and 

Nano-Au surfaces (n = 4) before and after H2SO4 cleaning, where Nano-Au demonstrates a lower 

contact angle before and after sulfuric acid cleaning. b) SEM edge image of Planar-Au. c) SEM 

edge image of Nano-Au, showing the concentrated growth of gold on the edges of the electrodes. 

Results represent average ± standard deviation. 
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Figure S3.3 Electrochemical surface preparation prior to sensing. a) choronoamperometry scans (-

0.35 V for 300 s versus Ag/AgCl). b) Cyclic voltammetry (CV) cleaning scans of Planar-Au 

electrodes in 0.1 M sulfuric acid. c) Cyclic voltammetry cleaning scans of Nano-Au electrodes in 

0.1 M sulfuric acid. Active surface area for Planar-Au and Nano-Au are measured by integrating 

the area under the curve of the reduction peak of the CV [166]. Schematics are created with 

BioRender.com. 

 

 



Ph.D. Thesis – Enas Osman; McMaster University - Biomedical Engineering. 

 

69 

 
 

Figure S3.4 Cyclic voltammetry characterization with Planar-Au at a probe concentration of 0.1 

µM (low, panel a), 0.5 µM (moderate, panel b), 1 µM (high, panel c), and Nano-Au at a probe 

concentration of 1.25 µM (low, panel d), 2.5 µM (moderate, panel e), 5 µM (high, panel f). 
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Figure S3.5 SWV frequency optimization of DNA hybridization kinetics on Nano-Au and Planar-

Au electrodes. Three different frequencies, 40, 60, 150 Hz were tested on Nano-Au-Lp and Planar-

Au-MP at a CT of 0.1 µM. All kinetic measurements (Imax) are extracted from SWV; and measured 

on a three-electrode electrochemical chip with an Ag/AgCl reference electrode. Results represent 

average ± standard error (n = 3). 
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Figure S3.6 Electrochemical characterization after probe immobilization on electrode surface. a) 

Probe density on Planar-Au and Nano-Au. b) Number of probe molecules on Planar-Au and Nano-

Au. Results represent average ± standard deviation (n = 4). Schematics are created with 

BioRender.com. 

 



Ph.D. Thesis – Enas Osman; McMaster University - Biomedical Engineering. 

 

72 

 

Figure S3.7 Hybridization kinetics analyzed by extracting Imax versus time of Figure 2 for: a) 

Planar-Au high CT (1 µM), b) Nano-Au high CT (1 µM), c) Planar-Au moderate CT (0.1 µM), d) 

Nano-Au moderate CT (0.1 µM), e) Planar-Au low CT (0.01 µM), f) Nano-Au low CT (0.01 µM). 

Results represent average ± standard error (n=6-8). Schematics are created with BioRender.com. 
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Figure S3.8 Monolayer stability during the timeline of the kinetics experiments. Probe density on 

Planar-Au (CP = 1 µM) (a) and Nano-Au (CP = 1.25 µM) (b) electrodes up to 420 minutes. The 

electrodes were stored for different durations and measured, and the electrodes were stored in 10 

mM Tris buffer (pH = 7.0) after each measurement versus a three-electrode electrochemical chip 

with an Ag/AgCl reference electrode. Results represent average ± standard deviation (n = 4). NS 

indicates non-significant t-test (p-value > 0.05). 
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Figure S3.9 DNA hybridization kinetics on Nano-Au and Planar-Au electrodes. a) The conditions 

used for fabricating six classes of electrodes. b) Hybridization kinetics for (i) Planar-Au-Hp, (ii) 

Nano-Au-Hp, (iii) Planar-Au-Mp, (iv) Nano-Au-Mp, (v) Planar-Au-Lp, and (vi) Nano-Au-Lp. Insets 

for (i) and (vi) represent number of probe molecules and the insets for (ii) and (v) represent probe 

density of Planar-Au and Nano-Au surfaces. All kinetic measurements (Imax) are extracted from 

SWV curves and normalized by electroactive surface area; measured on a three-electrode 

electrochemical chip with an Ag/AgCl reference electrode. Results represent average ± standard 

error (n = 6-8). Schematics are created with BioRender.com. 
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Figure S3.10 Non-specific adsorption of redox labeled polyT DNA and barcode. Imax measured on 

a) Planar-Au at CP = 1 µM and b) Nano-Au at CP = 1.25 µM. Insets represent a zoomed in view of 

the results. Experiments were conducted using 100 nM methylene blue labeled-PolyT Barcode 

(both are 24 base pairs) oligonucleotide, measured using SWV extracted Imax verses time on a 

three-electrode electrochemical chip with an Ag/AgCl reference electrode.  Results represent 

average ± standard error (n = 3-6). 
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Figure S3.11 Comparative analysis of hybridization kinetics between Planar-Au and Nano-Au 

electrodes at: a) CT = 1 µM and CP = 0.1 µM, b) CT =1 µM and CP = 5 µM. Results represent 

average ± standard error (n=6-8). 

 

 
 

Figure S3.12 radiolabelled HSA with iodine-125 protein using the iodine monochloride method to 

determine the adsorption of the protein on the biofunctionalized Planar-Au (CP = 1 µM) and Nano-

Au (CP = 1.25 µM) electrodes, without target (CT = 0 µM). Results represent average ± standard 

deviation (n =3). Schematics are created with BioRender.com. 
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Figure S3.13 DNA hybridization kinetics on Nano-Au and Planar-Au (CP = 1 µM, circle) and 

Nano-Au (CP = 1.25 µM, square) electrodes extracted on multiple 50% diluted blood samples (S) 

spiked with target (CT = 1 µM), S1 = female subject (red) S2 = male subject (green).  Results 

represent average ± standard error (n=6-8). 

 

Figure S3.14 Root Mean Square noise (NRMS) measured from blank samples (CT=0) deposited on 

probe-modified electrodes for Planar-Au (CP = 1 µM) and Nano-Au (CP= 1.25 µM).  The current 
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measurements were performed in blood, saliva and urine at a potential range of -0.2 V to -0.4 V. 

Results represent mean ± standard deviation (n=3-4). 

 
 

 

Figure S3.15 Percentage of the coefficient of variation in different matrices in Planar-Au (CP = 1 

µM, circle) and Nano-Au (CP= 1.25 µM, square) at CT= 1 µM, a) buffer, b) blood, c) saliva, d) 

urine. Schematics are created with BioRender.com. 
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Chapter 4  Electrochemical Detection of Legionella 

pneumophila using DNAzymes and under continuous flow in 

cooling tower water  

 

Preface: In this chapter, we built upon the knowledge gained from the study of nanostructured 

surfaces in Chapter 3 to develop a  Legionella pneumophila-specific electrochemical biosensor. 

We present the development of an L. pneumophila specific RNA-cleaving DNAzyme (RCD) 

electrochemical assay integrated into a microfluidic device designed for real-time, wash-free,  and 

continuous monitoring in cooling tower water. The assay leverages nanostructured surfaces 

immobilized with a complementary probe to hybridize with an electroactive DNA barcode released 

in the presence of L. pneumophila target to enhance sensitivity. This work addresses the limitations 

of traditional culture-based methods, offering a portable, specific, and efficient solution for on-site 

pathogen surveillance. 

Authors: Enas Osman, Survanshu Saxena, Shuwen Qian, Jonathan L'Heureux-Hache, Phoebe Li, 

Jinal Manek, Jimmy Gu, Todd Hoare, Yingfu Li, and Leyla Soleymani 

Publication: Submitted to Biosensors and Bioelectronics  journal in Oct 2024  

4.1 Abstract  

Rapid detection of Legionella pneumophila in cooling tower water is crucial to mitigate the fatal 

consequences of Legionnaires disease. This study presents a microfluidic system that employs 

RNA-cleaving DNAzymes (RCDs) for continuous monitoring of this pathogen directly in spiked 

cooling tower water without the need for lengthy bacterial culture. The RCDs, coupled to microgel 
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magnetic beads, are programmed to release an electroactive DNA barcode in the presence of L. 

pneumophila, which is detected by a downstream electrochemical sensor in real time. Our system 

identifies key parameters such as peak current, slope of signal increase, and lag time that correlate 

with L. pneumophila concentration, achieving a limit of detection of 1.4 x 103 CFU/mL in buffer 

and 1.9 x 103 CFU/mL in cooling tower water, meeting regulatory requirements. This system was 

further used to identify different serotypes of L. pneumophila amongst other waterborne bacterial 

species including non pneumophila species of Legionella, creating a highly specific tool for 

identifying this high-risk pathogen.  

4.2 Introduction  

Legionella pneumophila is a Gram-negative, rod-shaped pathogenic bacterium that commonly 

contaminates fresh and potable water systems [203, 204] with cooling water towers being a 

primary source of outbreaks [205]. Infection is caused through inhalation of aerosols causing 

conditions ranging from mild Pontiac fever to the more severe Legionnaires disease [206] with a 

fatality rate of 5-30% and up to 80% if treatment is delayed [203]. According to the Center for 

Disease Control (CDC), 82,352 cases of Legionnaires have been reported in the United States in 

2000-2019, leading to the hospitalization and mortality rates of 95% and 10%, respectively [207]. 

Considering the large burden of contamination, routine surveillance and monitoring is required by 

most public safety agencies. The gold standard for detecting L. pneumophila in cooling tower water 

is bacterial growth culture, with >1000 colony forming unit (CFU)/mL requiring intervention and 

mitigation [208] Methods using bacterial culture (Table S4.1) are slow (can take up to 10 days) 

[209], rely on microbiology expertise due to the fastidious nature of the pathogen [209], and 

underestimate the level of contamination [210]. As such, there is a need for new testing methods 
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with a rapid sample-to-result time for effective cooling tower water surveillance and outbreak 

mitigation. 

In addition to bacterial culture, methods relying on nucleic acid amplification are used for detecting 

L. pneumophila (Table S4.1). For example, polymerase chain reaction (PCR) can detect L. 

pneumophila at a low limit of detection (LOD, 0.01 CFU/mL) [211]; however, it requires a high 

level of technical expertise and lab-based instrumentation. Additionally, PCR results are difficult 

to compare to CFU values used in microbiology methods [205, 212]. Loop mediated isothermal 

amplification (LAMP), another nucleic acid amplification method, uses simpler instrumentation 

than PCR and has been used for detecting L. pneumophila with a LOD of 10 CFU/mL[213]. 

Although portable PCR [214] and LAMP [215] systems have been developed, these devices are 

not fully automated, require sample purification and DNA extraction, and rely on small sample 

volumes (10-25 µL) [213, 215], making them not suitable for field testing of large volumes of 

water. 

Immunoassays targeting bacterial protein and surface markers such as macrophage infectivity 

potentiator [216], a universal marker across serotypes [217], and lipopolysaccharide, a serotype-1 

specific marker [218] are also used for detecting L. pneumophila (Table S4.1). Given that L. 

pneumophila serotype 1 is responsible for 80% of Legionnaires cases worldwide, current 

immunoassays are designed to detect serotype 1, thus precluding other pathogenic serotypes [212]. 

Among these immunoassays, the enzyme-linked immunoassay (ELISA) high sensitivity test 

(LOD: 780 CFU/mL, Bartel ELISA kit) is developed for detecting serotype I of L. pneumophila 

[219]. Alternatively, a commercial immunochromatographic lateral flow test (Duopath®) can 

detect 41 different Legionella species; however, its LOD (107 CFU/mL) does not meet the 
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contamination risk threshold of 103 CFU/mL [220, 221] Other commercially-available L. 

pneumophila immunoassays, such as Legipid®, have a lower LOD (10 CFU/mL) compared to 

lateral flow tests, but rely on lengthy sample pre-concentration protocols that require the expertise 

of a lab technician [222]. In addition to commercial products, there are a number of immunoassays 

under investigation for detecting L. pneumophila with LODs ranging from 10-105 CFU/mL (Table 

S4.2, S4.3). These assays have been demonstrated to detect a single serotype of L. pneumophila or 

require manual steps for sample pre-concentration, reagent addition, or washing, making them 

unfit for continuous and in-field water analysis.  

To address the requirements of water analysis, we sought to leverage RNA-cleaving DNAzymes 

(RCDs), a particular class of functional nucleic acids that can be programmed to identify proteins 

specific to a particular bacterial target and release a single stranded DNA (ssDNA) barcode [83, 

223].  RCDs are selected in vitro and can be designed to undergo cleavage to release an optical[94] 

or an electrochemical [93] barcode, eliminating the need for manually adding reagents or 

performing washes to remove interferants. Particularly, electroactive RCDs (e-RCDs) have been 

used with electrochemical readout for the analysis of clinical samples for bacterial infections [93, 

119] at a clinically-relevant LOD (≤1000 CFU/mL), eliminating the need for bacterial growth 

cultures. Despite great potential, such systems are currently limited to analyzing small sample 

volumes (10 µL) at single time points and rely on manual sample steps for liquid transfer, not 

meeting the needs of in-field and continuous water monitoring.  

Herein, we report the development of Legionella DNAzyme Analyzer (L.DNAlzyer) for the 

continuous monitoring of water samples under flow and using real time electrochemical for 

detecting L. pneumophila. L.DNAlyzer employs microfluidics to integrate a biorecognition zone 
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featuring immobilized microgel magnetic beads (mMBs) functionalized with e-RCDs 

programmed to release electroactive DNA barcodes (e-barcodes) in the presence of L. 

pneumophila crude extracellular matrix (CEM), with a detection zone housing three-dimensional 

nanostructured electrodes designed to continuously capture e-barcodes released from the 

biorecognition zone to measure the concentration of L. pneumophila in real time. The integration 

of these two separate but interlinked zones into a single microfluidics system enables water 

samples to be continuously analyzed without user intervention, allowing e-RCD-based bacterial 

biosensors, previously only limited to clinical diagnostics, to be applied to field-based water 

analysis.  

To demonstrate the utility of L. DNAlyzer in a practical setting, we used it to analyze cooling 

water tower samples spiked with four different serotypes of L. pneumophila e-RCDs or other 

waterborne pathogens. The analysis of current magnitude, current lag time, and rate of current 

change, enabled by the real time measurement capability of the L.DNAlyzer, allowed us to select 

the four L. pneumophila serotypes amongst other bacterial pathogens or the different Legionella 

species (L. non-pneumophila) at a LOD of 103 CFU/mL, which is in line with the required 

detection threshold for L. pneumophila in cooling tower water.  

4.3  Experimental section  

Materials and reagents  

Oligonucleotides were purchased from Integrated DNA Technologies (Pennsylvania, USA) and 

Yale University (New Haven, USA). Methylene blue NHS ester was purchased from Glen 

Research (Virginia, USA). Hydrochloric acid (HCl; 37% w/w) was purchased from LabChem. 

Bromophenol blue, bicarbonate buffer solution (>0.1 M Na2CO3, >0.2 M NaHCO3), dimethyl 
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sulfoxide (DMSO, ≥ 99.7%), 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide hydrochloride 

(EDC, ≥ 98.0%), gold(III) chloride solution ( 99.99%), HEPES (≥ 99.5%), magnesium chloride ( 

≥ 99.0%), 6-mercapto-1-hexanol (99%), 2-(N-morpholino)ethanesulfonic acid (MES, ≥ 99.0%), 

N-hydroxysuccinimide (NHS, 98%), potassium ferricyanide (≥ 99.5%), potassium 

hexacyanoferrate(II) trihydrate, sodium acetate (≥ 99.0%), sodium chloride (≥ 99.0%), silver 

nitrate ( ≥ 99%), tris(2-carboxyethyl) phosphine hydrochloride (TCEP), tris-borate-EDTA buffer 

(TBE, 10X concentrate), tris-EDTA buffer (TE, 100X concentrate), and xylenecyanol FF were 

purchased from Sigma-Aldrich (Ontario, Canada). Ammonium hydroxide (28% in water) and 

hydrogen peroxide (30%) were purchased from Fisher Scientific (Ontario, Canada). Acetone 

(99%), ethanol (99%), sulfuric acid (98%), and 2-propanol (99.5%) were purchased from Caledon 

Laboratories (Ontario, Canada). Urea (Ultra Pure 99.5%, Molecular Biology Grade) and 

acrylamide/bis-acrylamide 40% solution 29:1 were purchased from Bioshop (Ontario, Canada). 

T4 polynucleotide kinase (PNK), and T4 DNA ligase kits were purchased from Thermo Scientific 

(Ontario, Canada). Deionized water (DI H2O) used in all experiments was dispensed using Milli-

Q Synthesis A10 system and autoclaved prior to use. 

Electrode fabrication  

Glass slides were cleaned using hydrogen peroxide and ammonium hydroxide in a 1:1 ratio while 

sonicating using an ultrasonic cleaner (VWR SympHony 97043–936) for 1 hour. The slides were 

then cleaned in acetone, ethanol, and isopropanol baths respectively for 30 minutes while 

sonicating at 60 Hz and then air-dried. The slides were next covered with a self-adhesive vinyl 

mask (FDC 4304, FDC Graphic Films) that was cut using a Robo Pro CE5000-40-CRP craft cutter 

(Graphtec America), to have the electrode pattern. The slide was sputter coated by chromium at a 
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thickness of 30 nm at a rate of 0.3 Å/s, followed by gold at a thickness of 100 nm at a rate of 0.4 

Å/s using a direct current sputtering machine (MagSput, Torr International). Subsequently, the 

electrodes were cleaned using 99% 2-propanol, and both the counter and working electrodes were 

electroplated with 10 mM of gold chloride solution in 0.5 M HCl using chronoamperometry with 

a potentiostat (Emstat2, PalmSens BV) at -0.45 V (versus an external Ag/AgCl  electrode) for 600 

s. The reference electrode was electroplated in a bath containing 0.3 M silver nitrate and 1 M 

ammonium hydroxide using chronoamperometry at -0.05 V for 300 s followed by 

electrodeposition in a 1 M KCl solution at of 0.5 V (versus an external Ag/AgCl  electrode) for 

200 s.  

Chip biofunctionalization 

The electroactive surface area of the working electrodes was measured by performing cyclic 

voltammetry (0 - 1.5 V, 0.1 V/s) in 0.1 M H2SO4, and by integrating the area under the reduction 

peak, as explained in previous work [166]. Subsequently, cyclic voltammetry scans were applied 

on working electrodes in a solution containing 2 mM potassium hexacyanoferrate (II) and 2 mM 

potassium ferrocyanide solutions. The chips were then coated with single stranded DNA capture 

probes (capture probes) modified with thiol groups (Table S4.4). The thiol group on the capture 

probes were first chemically reduced using a 100-fold excess of TCEP in a dark environment at 

room temperature for 2 hours. The solution was then diluted to the desired concentration (10 µM) 

using a buffer containing 25 mM NaCl, 25 mM PBS, and 100 mM MgCl2. Next, 0.2 µL of the 

capture probe solution was deposited onto the working electrode of each chip. The chips were then 

placed in a parafilm sealed petri dish surrounded by damp Kimwipes and left to incubate for a 

duration of 20-22 hours in the dark at room temperature. Cyclic voltammetry scans in 2 mM 
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potassium hexacyanoferrate (II) and 2 mM potassium ferrocyanide were performed again to 

validate probe deposition, after which the chips were treated with 100 mM 6-mercapto-1-hexanol 

for 1 hour (also validated through cyclic voltammetry scans) to block unbound sites on the 

electrode and passivate the electrode against non-specific binding. All sensing measurements were 

performed using a potentiostat (Palmsens4 with MUX8-R2 multiplexer extension, PalmSens BV). 

Device fabrication 

Polystyrene sheets (Graphix Shrink Film, Graphix) were covered with vinyl (FDC 4304, FDC 

Graphic Films) and patterned using a Robo Pro CE5000-40-CRP cutter (Graphtec America). After 

the vinyl was peeled, platinum-cured silicone tubing (ColeParmer, 95802-00) was cut into 6 mm 

pieces and glued to the inlet and outlet (Loctite, 4861FM). Polydimethylsiloxane was prepared at a 

ratio of 1:10 (crosslinker to pre-polymer) and then desiccated at 0.1 psi for 30 minutes. The 

solution was then poured over the polystyrene mold, desiccated again for 1 hour, and cured in an 

oven at 40 °C overnight.  

The biofunctionalized chips described in section 2.3 were cleaned with 99% 2-propanol and air 

dried; channels were rinsed with acetone, ethanol, and 2-propanol respectively and then air dried. 

The electrodes were covered with a small piece of cured polydimethylsiloxane as a protective layer 

from plasma; to protect the deposited capture probes. Subsequently, the protective layer was 

removed, and the chip and cured polydimethylsiloxane channel surfaces were plasma treated using 

oxygen plasma (Harrick Plasma Cleaner, PDC-002, 230 V) for 90 seconds at the high RF power 

setting. Lastly, the protective layer was removed, the chips and channels were aligned and fully 

bonded on a hot plate at 65 °C for 10 minutes.  
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Biofunctionalization of mMB 

mMB fabrication was conducted as reported in our previous work[119]. The mMB were washed 

two times with 25 mM MES solution (pH of 7.0), using magnetic separation to remove the wash 

solution after each wash cycle. Thereafter, the carboxylated-mMB were mixed with 10 mM 

EDC/NHS (prepared in MES adjusted to pH 5.5 using 3 M H2SO4) and amine-group bearing L. 

pneumophila DNAzyme (Table S4.4) overnight at 4 ºC to conduct carbodiimide-mediated 

coupling of the DNAzyme to the mMB. Functionalized mMBs were then washed two times with 

25 mM MES and one time with 1× selection buffer (15 mM MgCl2, 150 mM NaCl, 50 mM 

HEPES, pH 7.5) as described above. 

Detection using the L.DNAlyzer  

A 1× selection buffer solution was introduced to the device to ensure the wettability of the channels 

prior to sensing using a peristaltic pump (MasterFlex®,78018-20). Subsequently, an external 

magnet was placed beneath the biorecognition zone and mMBs modified with e-RCDs suspended 

in 200 µL (0.5 mg/mL) of 1× selection buffer were introduced to the device at 50 µL/min for 15 

minutes. After mMB immobilization, SWVs were applied (0 V to -0.6 V at 60 Hz) in 1× selection 

buffer for 1 hour for blank measurements. The bacterial targets in either 1× selection buffer or 

cooling tower water sample were then introduced, and SWVs were measured every 6 minutes for 

a duration range of 180-720 minutes.  

Limit of detection calculation 

The following parameters were extracted from the Imax versus log [CEM] plot and used to calculate 

limit of detection using previous methods [224].  
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Limit of blank (LOB) = Imax-blank + 1.65 × σblank  

Limit of detection = LOB + 1.65 × σlowest concentration  

Limit of detectionconcentration = (limit of detection -𝑦)/ 𝑚 

where σblank is the standard deviation of the blank signal and 1.645 is the score for a 95% 

confidence interval, y and m are the 𝑦-intercept and the slope of the regression line. Since CEM 

concentration is in log, limit of detection (CFU/mL) = 10𝑙𝑖𝑚𝑖𝑡 𝑜𝑓 𝑑𝑒𝑡𝑒𝑐𝑡𝑖𝑜𝑛 . 

Bacterial strains and culture and CEM conditions  

Please refer to supporting methods. 

e-RCD preparation 

Please refer to supporting methods. 

4.4 Results and discussion 

4.4.1 The integration of L.DNAlyzer building blocks into microfluidics. 

To develop a fully integrated system that allows for in-field and real time analysis of cooling tower 

water, we combined L. pneumophila specific e-RCDs together with detection electrodes within a 

microfluidic device. The microfluidic device, created by bonding a glass chip to a 

polydimethylsiloxane channel (Figure. S4.1) contains: 1) a biorecognition zone through which 

target analytes interact with the e-RCDs and release an e-barcode; and 2) a detection zone, in which 

the e-barcodes are captured on detection electrodes modified with capture probes to generate an 

electrochemical signal (Figure. 4.1a).  
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The biorecognition zone is a serpentine region that houses mMB held in place by a permanent 

magnet. The mMB are modified with e-RCDs for target detection and e-barcode release. The mMB 

(~ 5 µm in diameter, Figure. S4.2) consist of superparamagnetic iron oxide nanoparticles 

encapsulated within a microgel phase based on the anti-fouling polymer poly(oligo(ethylene 

glycol) methacrylate) copolymerized with methacrylic acid. This introduces carboxylic acid 

groups that serve as grafting sites for the covalent tethering of biorecognition probes, an overall 

design that allows for effective biofouling reduction, rapid magnetic separation, and high density 

e-RCD functionalization. 

The detection zone is integrated inside a straight channel region designed to capture the e-barcodes 

and generate an electrochemical current. This zone consists of six working electrodes, one counter 

electrode, and one reference electrode, creating an electrochemical cell. The e-barcodes are 

modified with methylene blue and are complementary to single stranded DNA (ssDNA) capture 

probes immobilized on each of the 6 working electrodes. Upon the release and the subsequent 

hybridization of e-barcodes to ssDNA probes, electrochemical currents are generated on each of 

the working electrodes by the reduction of methylene blue on gold as measured using square wave 

voltammetry (SWV). 

4.4.2 Optimization of L.DNAlyzer. 

A series of experiments was performed to optimize the design and operation of the L.DNAlyzer. 

We first compared the performance of two- versus three-electrode electrochemical cells in 

detecting e-barcodes (Figure. S4.3). Three-electrode systems that feature nanostructured gold 

working electrodes, nanostructured gold counter electrodes, and Ag/AgCl reference electrodes 

were created through electrodeposition (Figure. S4.4). Nanostructuring of the working electrodes 
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increased their electroactive surface area (Figure. S4.5), which is expected to increase the 

magnitude of the measured electrochemical current [99, 225]. Additionally, e-barcodes hybridized 

on nanostructured surfaces showed an increased heterogeneous standard electron transfer rate 

(𝑘𝑠: 102 𝑠
−1) and kinetic parameter (ψ: 1.70) compared to planar electrodes (𝑘𝑠: 60.2 s-1, ψ:1.02) 

(Figure. S4.6). This range is in agreement with previously-reported ssDNA sequences modified 

with methylene blue at the proximal end attached to electrode surfaces (5 - 400 s-1)[226], and is 

aligned with previous findings demonstrating an increase in electron transfer in nanostructured 

versus planar electrodes caused by stronger electric fields near the surface of nanostructures [128] 

Furthermore, stable electrochemical measurements require the surface area of the counter 

electrodes to be larger than that of working electrodes [179]; as such, nanostructuring was also 

used on counter electrodes to compensate for the increased surface area of the working electrode. 

This optimization led to an increased electrochemical current magnitude with lower variability, as 

measured using SWV, compared to two-electrode systems. This configuration was selected for the 

remainder of the experiments.  

By studying the effect of capture probe concentration on the electrochemical current magnitude, it 

was also concluded that large capture probe concentrations (10 µM) were optimal for maximizing 

the signals measured using nanostructured electrodes. This is likely due to the large surface area 

of the nanostructured electrode (5 times the planar electrodes and a roughness factor of 17.49) 

(Figure. S4.7), and the small volume of the probe solution used herein (Figure. S4.8). 

The effect of flowing the target analyte through the L.DNAlyzer on the reaction kinetics was 

investigated next to choose the optimal flow rate for the remainder of experiments. The reaction 

kinetics were measured by monitoring the SWVs generated in response to L. pneumophila CEM 
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(equal parts of serotype 1 (Philadelphia-1), serotype 2 (Togus-1), and serotype 3 (Bloomington-

2)) in real time and plotting the peak current (Imax) versus time (Figure. 4.1b). The reaction kinetics 

were monitored under both no flow (static) conditions and at different flow rates (3, 30, 100, and 

300 µL/min). All curves, regardless of flow rate, demonstrated a lag time, a linear phase, and a 

saturation regime in which a plateau or a curve with reduced slope was observed (Table S4.5). As 

the flow rate was increased from 0 to 100 µL/min, the lag time decreased, and the slope of the 

linear region increased (Figure. S4.9). Interestingly, the lag time increased considerably from 6 

(coefficient of variance (CV): 5.5%) to 48 (CV: 12.4%) minutes when the flow rate was increased 

from 100 to 300 µL/min, respectively (Figure. S4.9, Table S4.5) when analyzing L. pneumophila 

CEM at a concentration of 108 CFU/mL. This observation was consistent even at a lower (106 

CFU/mL) target concentration (Figure. S4.10). The increased lag time at 300 µL/min is unexpected 

and therefore three hypotheses can be used to explain this finding. Firstly, this can be explained by 

the increased Peclet number from 2140 to 214050 in the biorecognition zone and 599 to 59883 in 

detection zones, leading to insufficient time available for the analytes to move to the electrodes 

via diffusion due to the increased flow velocity at the edge of the boundary layer [49]. Secondly, 

the changes in Reynolds number from 0.20 to 21 at the biorecognition zone and 0.06 to 6 at the 

detection zone resulted in increased Dean forces De > 1 at 300 µl/min, which can change the flow 

direction, delaying the delivery of the e-barcodes from the biorecognition to the detection zone. 

Lastly, the high shear rate (> 103 s-1) at 300 µL/min could disrupt the secondary structure of the 

target proteins and DNAzymes, reducing the concentration of cleaved e-barcodes [227]. A similar 

observation was reported in a fluorescence-based sensor, in which higher flow rate reduced 

fluorescence intensity [228]. Based on these experiments, a flow rate of 100 µL/min was chosen 

for the remainder of this study.  
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Figure 4.1 Flow rate optimization of the L.DNAlyzer. (a) The microfluidic biosensor integrates a 

biorecognition zone, where e-RCDs functionalized onto mMB cleave an e-barcode in response to 

the target with a detection zone, where e-barcodes are captured by DNA capture probes 

functionalized onto nanostructured gold electrodes for detection using continuous SWVs. The 

inset shows mMB trapped in the device imaged using optical miscorscopy. (b) Plots showing 

continuous SWVs versus time (left) and the corresponding Imax versus time (right) for various flow 

rates (0-300 µL/min) extracted from SWVs. The experiments were conducted with SWVs taken 

every 6 minutes versus an Ag/AgCl reference electrode with 108 CFU/mL of L. pneumophila CEM 

spiked in 1× selection buffer (total volume = 300 µL). Results represent average ± standard error, 

n = 3-6. 

4.4.3 Characterization of L.DNAlyzer. 

The LOD of L.DNAlyzer was determined using different dilutions of L. pneumophila CEM spiked 

in buffer and cooling tower water. The concentration of all bacterial samples used in this 

experiment was validated using bacterial culture (Figure. S4.11), which is the standard method for 

detecting and quantifying Legionella spp. in water [206]. More specifically, the CEM at each 

concentration was circulated throughout the device at 100 µL/min for a total volume of 300 µL for 

180-720 minutes, with SWVs measured every 6 minutes and Imax plotted versus time (Figure. 4.2a). 

Interestingly, the kinetics are highly concentration-dependent (Figure. 4.2b, Table S4.6), with Imax 

and the slope of the linear region both increasing with concentration for buffer and cooling tower 

water, whereas, the lag time decreases with increasing target concentration. The longer lag-times 

at lower concentrations (≤104 CFU/mL) in both buffer and cooling tower water can be attributed 

to the low number of target molecules, delaying the accumulation of a sufficient number of 

methylene blue molecules on the electrode surface for generating a detectible Imax [229]. 
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Additionally, the increase in slope and Imax with the increase in target concentration is expected 

and related to increased hybridization efficiency and subsequent duplex formation (Figure. S4.12) 

[230]. 

   

Figure 4.2 LOD of the L.DNAlyzer. (a) Plots showing Imax versus time extracted from continuous 

SWVs for L. pneumophila CEM concentrations ranging from 0-107 CFU/mL. (b) Kinetic 

parameters extracted from the curves presented in (a). (c) LOD extracted at different time points 
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in both buffer and cooling tower water, extracted from (a). Experiments were conducted using 

CEM spiked in 1× selection buffer or cooling tower water. Results represent average ± standard 

error, n = 3-6. 

The LOD was then determined for each time point (Table S4.7, S4.8) and plotted to demonstrate 

the time-evolution of L.DNAlyzer performance (Figure. 4.2c, Figure. S4.13, S4.14). The L. 

DNAlyzer can detect L. pneumophila at 2.0 × 104 and 4.8 × 104 CFU/mL within 30 minutes in 

buffer and cooling tower water, respectively; however, the LOD continues to improve to 1.4 × 103 

in buffer and 1.9 × 103 in cooling tower water after 180 minutes as the e-barcode continues to 

accumulate on the working electrode over time.  Although the LOD and Kd (buffer: 7.0 × 105 

CFU/mL, cooling tower water: 3.3 × 105 CFU/mL, Figure. S4.15) of L.DNAlyzer at later time 

points (180 minutes) is similar in buffer and cooling tower water, the Imax and hybridization 

efficiency are much lower in cooling tower water than buffer within the 105-107 CFU/mL 

concentration range (Figure. S4.12). Cooling tower water contains interferents such as bacteria 

[231], metal ions, treatment chemicals [232], suspended particles [233], and bio-debris [234], all 

of which can contribute to electrode passivation through non-specific binding. Furthermore, the 

lower ionic strength of cooling tower water compared to buffer can lower current magnitude due 

to increased solution resistance [79]. Finally, both the RCD cleavage efficiency [235] and DNA-

DNA hybridization efficiency [79] are impacted by variations in metal ion concentration in cooling 

tower water, which can contribute to the differences in L.DNAlyzer performance in cooling tower 

water and buffer. 

The variability between different working electrodes integrated in the L.DNAlyzer was measured 

by monitoring the coefficient of variance versus time (Figure. S4.16) for various CEM 
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concentrations. The high and medium CEM concentrations (≥ 105 CFU/mL) displayed a steep 

decrease in coefficient of variance overtime followed by a plateau; whereas, low concentrations 

(≤ 104 CFU/mL) demonstrated a more gradual decrease before reaching a plateau. We hypothesize 

this to be caused by the rapid initial hybridization at high and moderate concentrations due to 

surface crowding and conformational effects [184]. Following this initial phase, the coefficient of 

variation significantly decreases likely due to the stabilization of the hybridized DNA molecules 

and reduced surface interactions [184].  

Even though L. pneumophila is one of the primary contributors to pathogenic outbreaks in cooling 

tower water, these towers can harbor other types of bacteria including E. coli, Bacillus subtilis 

[236], Shigella sonnei [237], and Pseudomonas aeruginosa [238], making it essential to 

specifically identify L. pneumophila amongst other microorganisms. As such, the L.DNAlyzer was 

subjected to a circulating flow of CEM from these microorganisms in addition to Salmonella 

enterica due to its capacity to lead to waterborne disease outbreaks in cooling tower water [239]. 

All experiments were conducted at 107 CFU/mL of CEM spiked in cooling tower water, with 

SWVs measured and Imax extracted at 60 minutes (Figure. 4.3a, b). L.DNAlyzer was able to 

precisely identify L. pneumophila against the panel of waterborne pathogens, as no other bacterial 

targets demonstrated a detectable Imax. An additional cross-reactivity study was conducted in which 

L. pneumophila CEM was flowed over mMB modified with a DNAzyme previously selected for 

identifying E. coli [175], which showed a current of < 2 nA, which is negligible compared to the 

target-specific signal (34 ± 4.5 nA), further confirming the high specificity of the L.DNAlyzer. 

These experiments demonstrate that the L. pneumopihla DNAzyme preserves its high specificity 

reported during selection [235] even after being modified for use in an electrochemical assay. 
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Figure 4.3 Specificity of the L.DNAlyzer. (a) SWVs obtained from flowing the CEM of different 

bacterial pathogens through the L.DNAlyzer or flowing L. pneumophila through an E. coli 

DNAlyzer as negative control. (b) Imax values extracted from the SWVs in (a). SWVs were 
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obtained after 60 minutes of circulation (100 µL/min). All bacterial CEMs were spiked in cooling 

tower water at a concentration of 107 CFU/mL. Results represent average ± standard error, n = 4. 

4.4.4 Real life testing of L. DNAlyzer. 

The L. pneumophila RCD used herein was selected using three serotypes of L. pneumophila: 

serotype 1, 2, and 3 (Philadelphia-1, Togus-1, and Bloomington-2, respectively)[235]. To 

investigate the ability of L.DNAlyzer in detecting L. pneumophila in environmental samples, we 

assessed seven different Legionella samples isolated from cooling water towers.  Among these, 

three (isolates 1-3) were different L. pneumophila serotypes (serotypes 2-15), one (isolate 4), was 

L. pneumophila serotype 2 (Togus-1), and three (isolates 5-7) were Legionella non-pneumophila 

species that are significantly less dominant in causing Legionnaires’ disease[240]. Interestingly, 

all L. pneumophila serotypes rapidly generated a signal peak (0-6 minutes, Figure. 4.4a), which 

increases steadily until 60 minutes. Whereas the signals generated by Legionella non-pneumophila 

strains are similar to the signals measured using blank, with small signals (< 10 nA) evolving 

around 30 minutes (Figure. 4.4b-d).  

Further analysis of the real time data from L. pneumophila and L. non-pneumophila strains 

demonstrates that all of the analytical parameters (lag time, Imax, and slope) are statistically distinct 

between the two sample populations (Figure. 4.4e), allowing L.DNAlyzer to successfully identify 

different serotypes of L. pneumophila species. This is aligned with gel electrophoresis-based 

studies performed using Cy5-labeled L. pneumophila DNAzymes, showing RCD cleavage only in 

L. pneumophila samples (Figure. S4.11). Importantly, we also observed differences in Imax 

measured using different serotypes of L. pneumophila. This can be attributed to the different 

concentrations of the DNAzyme-activating proteins expressed by these different serotypes and/or 
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the difference in DNAzyme activity in response to these serotypes. The ability of L.DNAlyzer to 

identify different serotypes of L. Pneumophila from L. non Pneumophila is important for analyzing 

real life environmental samples that present a high degree of variability.  
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Figure 4.4 The ability of L.DNAlyzer in identifying L. pneumophila serotypes. Evolution of SWVs 

versus time in the presence of (a) L. pneumophila serotypes (isolates 1-4), (b) L. non-pneumophila 

strains (isolates 5-7), and (c) 50 % media (blank). (d) corresponding peak current (Imax) up to 60 

minutes and (e) kinetic parameters (lag time, Imax, and slope) extracted from curves presented in 

(d). Insets in (d) represent box plots of average parameters calculated for L. pneumophila and non-

pneumophila samples. All samples were analyzed at 100 µL/min for a total volume of 300 µL at a 

concentration of 108 CFU/mL. Results represent average ± standard error (n = 3). 

4.5 Conclusion  

In this work, we developed L.DNAlyzer, a microfluidic system featuring RNA-cleaving 

DNAzymes (RCDs) and electrochemical readout for real time and field-based monitoring of 

Legionella pneumophila outbreaks in cooling water towers. L.DNAlyzer yielded a time-dependant 

limit of detection (LOD) of 2.0 × 104 and 4.8 × 104 CFU/mL at 30 minutes and 1.4 × 103 CFU/mL 

or 1.9 ×103 CFU/mL at 180 minutes in buffer and cooling tower water, meeting the requirements 

(LOD> 1000 CFU/mL) of the Center of Disease Control.  In addition, L. DNAlyzer demonstrates 

remarkable strengths in identifying different serotypes of L. pneumophila amongst other 

waterborne microorganisms or non-pneumophila strains of Legionella. Importantly, L. DNAlyzer 

delivers remarkable analytical sensitivity and specificity, coupled with automated and real time 

operation, opening the route for continuous detection of a wide range of other targets in water, 

environmental samples, or clinical specimens. 
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4.7  Supplementary information 

4.7.1 Supplementary methods  

Device geometry optimization: The materials and surface area of the reference, counter, and 

working electrodes impact square wave voltammograms (SWVs), especially in miniaturized 

electrodes [241, 242]. Three factors were optimized in the following experiments.  

1- Geometric and active surface area of electrodes.  

Á Working electrodes were nanostructured using 10 mM of gold chloride solution in 0.5 

M HCl using chronoamperometry at a potential of -0.45 V for 600 s; active surface area 

enhancement was ~5× compared to planar gold electrodes. 

2- Materials of the reference and counter electrodes  

Á Silver/silver chloride was fabricated on sputtered gold using 0.3 M silver nitrate in 1 

M ammonium hydroxide using chronoamperometry at -0.05 V for 300 s, followed by 

deposition in 1 M KCl at 0.5 V for 200 s. 

3- Difference between 2 and 3 electrodes electrochemical cells. 

Á 2-electrode electrochemical cell 1: silver/silver chloride as counter/reference and 

nanostructured gold as working electrode. 

Á 2-electrode electrochemical cell 2: nanostructured gold as counter/reference and 

nanostructured gold as working electrode. 

Á 3-electrode electrochemical cell: silver/silver chloride as reference and nanostructured 

gold as counter and working electrodes. 
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Particle size: The size of magnetic microgel beads (mMB) was assessed using laser diffraction 

via the Mastersizer 2000 instrument (Malvern Panalytical). Measurements were conducted in 

triplicates for each sample, with the average particle size determined based on surface area. 

Bacterial strains and culture conditions: Legionella pneumophila serotype 1 (Philadelphia-1), 

serotype 2 (Togus-1), and serotype 3 (Bloomington-2) were obtained from the American Type 

Culture Collection (ATCC 33152, 33154, 33155; Manassas, VA). L. pneumophila serotypes 

(isolates 1-4) and L. non-pneumophila strains (isolates 5-7) are environmental isolates obtained 

from The Green Water Treatment (TGWT). L. pneumophila and L. non-pneumophila were streaked 

on phosphate buffered charcoal yeast extract (BCYE) agar plates for 3-4 days at 37 °C in a static 

incubator. A single colony was then inoculated into buffered yeast extract (BYE) liquid media 

supplemented with 3.3 mM L-cysteine and 0.33 mM ferric pyrophosphate. The liquid cultures 

were incubated at 37 °C overnight while shaking at 250 rpm. Subsequently, 100 µL is added to 5 

mL fresh media until the optical density at 600 nm (OD600) reached ≥ 1.0. Salmonella enterica, 

Pseudomonas aeruginosa, Bacillus subtilis, Shigella sonnei, and Escherichia coli k12 were 

streaked on tryptic soy agar (TSA) plates at 37 °C in a static incubator for 18-20 hours. Thereafter, 

a single colony was further inoculated in 5 mL of tryptic soy broth (TSB) and incubated at 37 °C 

while shaking at 200 rpm for 18-20 hours. Subsequently, 100 µL is added to 5 mL fresh media 

until the optical density as measured at 600 nm reached ~ 1.0. 

CEM preparation: The liquid culture of bacteria (optical density at 600 nm ~ 1.0) was centrifuged 

at 6000 rpm for 5 min at 4 °C. The supernatant was collected and passed through a 0.22 µm filter 

(PVDF membrane) as the CEM. CEM aliquots were stored at -80 °C. CEMs of three L. 
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pneumophila serotypes (1-3) were mixed in equal ratio for experiments in this study unless stated 

otherwise, to match the CEM conditions used in the L. pneumophila DNAzyme selection process.  

e-RCD preparation: Functionalized L. pneumophila DNAzyme with amine group on the 3’ end 

and L. pneumophila substrate modified with amine group for methylene blue tagging were ordered 

from Glen Research (Virginia, USA).  A 200 nmol lyophilized substrate DNA was combined with 

12 µL of MB NHS (in DMSO) in 500 µL bicarbonate buffer and incubated for three hours at room 

temperature (as per the manufacturer’s protocol) to tag the substrate with methylene blue. The 

oligonucleotides were purified using 10% denaturing polyacrylamide gel electrophoresis (10% 

urea, 10% of 40% 29:1 bis/acrylamide, 25% of 10³ TBE) following a protocol adapted from [175]. 

L. pneumophila DNAzyme sequence (Table S4.4) was subjected to T4 polynucleotide kinase 

(PNK) reaction; to transfer the gamma-phosphate from ATP to the 5'-OH group of DNA strand, a 

crucial step in preparation for the ligation reaction. L. pneumophila DNAzyme (1 nmole) was 

added to a mixture of 1× PNK buffer, 20 units of PNK enzyme, 2 mM of ATP, and DI H2O is added 

to reach a total volume of 100 µL. The mixture was then heated at 37 °C for 1 hour, after which 

the reaction was stopped by heating at 90 °C for 5 minutes. For the ligation reaction, the ligation 

template (1.1 nmol, Table S4.4) and L. pneumophila substrate (1.1 nmol, Table S4.4) were added 

to the mixture, heated at 90 °C for 2 minutes, and then cooled to room temperature for 15 minutes. 

The cooling process allows the formation of short double stranded DNA which is essential for the 

ligase enzyme to accurately align and join DNA fragments through phosphodiester bond 

formation. Subsequently, 20 units of T4 DNA ligase and 40 µL 10× ligase buffer were added 

(supplemented by the addition of DI H2O to reach a total volume of 200 µL) and incubated at room 

temperature for 2 hours. After the ligation reaction, the product was precipitated in ethanol and 

purified using 10% denaturing polyacrylamide gel electrophoresis. The ligated L. pneumophila 
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DNAzyme was diluted in DI H2O and stored at -20 °C for future experiments, based on a protocol 

adapted from [93].  

Velocity of fluid calculation: The mean velocity is determined by the flowrate (Q), the height (h), 

and width (W) of the microfluidic channel and can be expressed as Eq1 [228].  

U= 
Q

h ×W
 Eq1 

Reynold’s number (Re) calculation: Re is a dimensionless number  that determines the fluid flow 

regime considering inertial and viscous forces, and can be expressed by the density of water (ρ), 

the speed of fluid (u), the hydraulic diameter (Dh) , and the viscosity of water (μ) as demonstrated 

by Eq2 [243].  

Re= 
ρ×u ×Dh

μ
 Eq2 

Peclet number (Pe) calculation: Pe is a dimensionless number that measures the relative rate of 

convection to diffusion transport. Pe can be expressed by the hydraulic diameter (Dh), velocity of 

the fluid (u), and the diffusivity (D), as shown by Eq3 (D = 9.94×10-11 m2/s for short DNA 

molecules used in this manuscript) [244].  

Pe= 
u×Dh
D

 Eq3 

Dean number (De) calculation: De is a dimensionless number used to characterize flow in curved 

channels, particularly in the context of secondary flows or Dean vortices that arise due to the 

curvature of the biorecognition zone. De can be expressed by the Re, the hydraulic diameter (Dh), 

and the radius of the curvature path of the channel (Rc), Eq4 [243]. 
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De=Re √
Dh
2× Rc

 Eq4 

Shear rate calculation (τ): τ is determined by the flowrate (Q), the height (h), and width (W) of 

the microfluidic channel and can be expressed as [245].  

τ= 
 6×Q  

h²w
 Eq5 

Electroactive surface area: The electroactive surface area was measured by performing cyclic 

voltammetry (CV) from 0 to 1.5 V in 0.1 M H2SO4 using a scan rate of 0.1 V/s. The integral of the 

reduction peak was used to calculate the electrochemical charge involved in the redox process by 

dividing it by the surface charge associated with the electrochemical reduction reaction of a 

monolayer of chemisorbed oxygen on polycrystalline gold 4.8 ×104 C [246]. 

Г= A / (v×4.8 ×104 C cm−2)  Eq6 

where Γ is the electrochemical surface area, A is the reduction peak integral in the cyclic 

voltammogram, and v is the scan rate (0.1 V/s). 

Roughness factor: The roughness factor for planar and nanostructured surfaces were calculated 

by dividing the electroactive surface area by the geometric surface area 0.003 cm2.  

Heterogeneous standard electron transfer rate (𝐤𝐬), also referred to as an apparent first-order 

electron transfer rate constant k0 [247]: Heterogeneous standard electron transfer rate is used to 

calculate charge transfer between reactant and product strongly adsorbed to the surface of the 

working electrode and is equivalent to k0 in cases where the reaction is quasi-reversible and surface 

adsorption is significant [248, 249]. 

This is calculated using the Quasi-reversible maximum method [248]. 

https://www.sciencedirect.com/topics/materials-science/electrochemical-reaction
https://www.sciencedirect.com/topics/engineering/polycrystalline
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ks= Kmaxfmax Eq7 

Where ks is the heterogeneous standard electron transfer rate constant,  fmax is the maximum 

frequency normalized peak current (∆i/f), and Kmax is the dimensionless kinetic parameter [248]. 

We obtained fmax  by measuring SWV scans of e-barcodes hybridized on working electrodes from 

20-300 Hz, calculating ∆i=iforward−ireverse for each frequency, and finding the frequency at 

which point ∆i/f is maximum (Figure S4.6). Kmax was obtained from a table summarizing Lovric’s 

integration of theoretical and empirical data by inputting nEsw, where n the number of electrodes 

in the redox reaction (n=2 for methylene blue) and Esw is the SWV amplitude (25 mV in this 

experiment).  fmax is extracted experimentally from Fig. S4.6c to be 60 Hz for planar and 100 Hz 

for nanostructured and Kmax  is extracted as 1.02 ± 0.14, resulting in ks = 60.20 s-1 for planar and 

102.00 s-1 for nanostructured electrodes. 

Kinetic parameter 𝛙: This term captures how quickly or slowly the redox reaction occurs at the 

electrodes surface [250]. The parameter ψ  can be deduced from the heterogeneous electron 

transfer rate constant ks (60.20 s-1
 for planar and 102.00 s-1

 for nanostructured) and the 

measurement frequency f (60 Hz).   

ψ=
Ks

f
 Eq8 

ψ is calculated for planar and nanostructured electrodes to be 1.02 and 1.70, respectively.  

ssDNA capture probes density: This is established using the Steels method [111, 225]  

Q=nFAГ0 Eq9 

Where, n is the number of electrons participating in the redox reaction (n =2), F is the Faraday 

constant (96 487 C mol-1), A is the electroactive surface area, and Г0 is the density of adsorbed 
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Ruthenium Hexamine (Ru (NH3)6
3+) ions. In order to calculate the surface density of capture 

probes, we performed chronocoulometry in the presence and absence of 100 µM Ruthenium 

Hexamine (Ru (NH3)6 
3+) to quantify the background of the single-layer charging and measure the 

charge derived from the DNA-associated (Ru (NH3)6 
3+ that is a measurement of capture probe 

density. Analyzing the Anson plot in Figure. S4.12b at t = 0 reduces the above equation to 

contributions of current by the monolayer charge and surface-confined Ru (NH3)6 
3+. More 

specifically, subtracting the Y-intercept of chronocoulometry scans equates to nFAГ0. 

The following formula was then used to convert Ru (NH3)6
3+ density to number of capture probes.  

ГDNA=Г0(
z

m
)NA Eq10 

Where, ГDNA is the density of capture probes, m is the number of base pairs, z is the charge of the 

redox molecule (z = 3), and NA is Avogadro’s number.  

Hybridization of the e-barcode: The number of hybridized e-barcodes was extracted from the 

integral of the SWV peak recorded from the L.DNAlyzer at different CEM concentrations (0-107 

CFU/mL) using Eq11 [179].  

Q0=nFN0 Eq11 

Where Q0  is the charge extracted from the SWV peak integral assuming each hybridized e-barcode 

is contributing to the electron transfer completely and equally, n is the number of electrons 

participating in the redox reaction (n = 2), and N0 is the total number of moles of the e-barcodes 

present in the system. Since there is one redox molecule/e-barcode, the density of e-barcodes is 

calculated as follows (Eq12).  
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e−barcode density=
N0NA
A
  Eq12 

Where, A is the electroactive surface area and NA is Avogadro’s number.  

Dissociation equilibrium constant (𝐊𝐝) measurement: The graphPad Prism 8 curve fitting 

guide, one site-specific binding equation (2019) was used as follows [251]. 

Y=Bmax∗X/( Kd+X)  Eq13 

Where Y is Imax extracted from SWV, X  is the concentration of CEM in CFU/mL, Bmax is the 

maximum specific binding in the same unit as  Y, Bmax is derived from fitting the extracted Imax 

from SWV at concentrations ranging from 103-107 CFU/mL at 180 minutes in buffer and cooling 

tower water as demonstrated in Fig. S4.15.   (Bmax = 881.6 nA in buffer and 291.4 nA in cooling 

tower water). Kd is the equilibrium dissociation constant, in the same units as X.  
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4.7.2 Supplementary tables  

Table S4.1. Summary of conventional methods for detecting L. pneumophila.  

Method 
LOD 

(CFU/mL) 

Turnaround 

(hours) 
Biorecognition 

Target/  

Serotype (S) 

Continuous 

Analysis 
[ref] 

Culture 0.5 7-10 days NA Cells No [252] 

PCR 

qPCR: 0.25 

RT-PCR : 

0.01-2.25  

1-4 DNA primers DNA No [211, 253] 

 

Immunoassays 

Bartels 

ELISA 

 

S1: 780   

S2-14: 104  
3-4 

Polyclonal  

anti-L. 

pneumophila 

antibodies  

Antigen  

(S1-14) 
No [219] 

 Duopath® 
2.8 x 106 

 
2 

Monoclonal  

anti-L. 

pneumophila 

 antibodies 

Antigen  

(41 Species) 
No [220, 221] 

Legipid® 10 1 

Polyclonal  

anti-L. 

pneumophila 

antibodies 

Antigen  

(S1-15) 
No [222] 

L.DNAlyzer 103 0.5-3 

L. 

pneumophila  R

NA cleaving 

DNAzyme 

CEM 

(S1-15) 

Yes 

 
This study 
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Table S4.2. Summary of optical transduction methods used for detecting L. pneumophila 

Method 
LOD 

(CFU/mL) 

Turnaround 

(hours) 
Biorecognition 

Target/ 

Serotype (S) 

Potential for 

Continuous 

Analysis 

[ref] 

 Imaging 

ellipsometry 
103-107  1 

Monoclonal  

anti-L. pneumophila 

 antibodies 

Cells (S1) 

Low: endpoint 

analysis, manual 

addition and liquid 

handling 

 

[254] 

Surface plasmon 

resonance 
10  > 1 

Polyclonal  

anti-L. pneumophila 

antibodies  

Cells (S1) 

Low: manual 

washing and 

endpoint analysis 

[255] 

Colorimetric  100  < 3 

Polyclonal  

anti-L. pneumophila 

rabbit antibodies  

DNA (S1) 

Moderate: 

amplification, 

pre-concentration, 

partially integrated 

but needs manual 

liquid handling 

[256] 

Fluorescence 10 24 
L. pneumophila RNA 

cleaving DNAzyme 

Lysed Cells  

(S1, 2, 3) 

Low:  

pre-concentration, 

filtration, manual 

liquid handling 

 

[94] 
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Table S4.3. Summary of electrochemical biosensors for detecting L. pneumophila in cooling tower 

water  

Type of sensor 
LOD 

(CFU/mL) 

Turnaround 

(hours) 
Biorecognition 

Target/ 

Serotype (S) 

Potential for Continuous 

Analysis 
[Ref] 

Immunoassay 

chronoamperometry 
4 2-3 

LP3IIG2 

anti-L. pneumophila 

antibodies 

Cells (S1) 

Low: Pre-concentration, 

detection of multi-serotypes is 

not validated, filtration, 

requiring 3 washing steps, 

manual liquid handling 

[206] 

Immunoassay 

square wave 

voltammetry 

10 1.7 

Monoclonal mouse 

anti-L. pneumophila 

antibodies 

Cells (S1) 

Moderate: Detection of  

Multiple serotypes and cross-

reactivity are not validated, 

fully- integrated but uses 

endpoint analysis 

 

[257] 

Magneto-immunoassay 

amperometry 
104 3 

Polyclonal 

anti-L. pneumophila 

antibodies 

Cells (S1) 

Low: Detection of multi-

serotypes is not validated, 

manual bacterial incubation 

with magnetic nanoparticles, 

 4 washing steps, manual 

liquid handling 

 

[258] 

Immunoassay 

electrochemical 

impedance spectroscopy 

105 1 

IgG  

anti-L. pneumophila 

antibodies 

Cells (S5) 

Moderate: Low sensitivity, 

detection of multiple 

serotypes and cross-reactivity 

are not validated, fully 

integrated but rely on 

endpoint analysis 

[259] 

Immunoassay 

electrochemical 

impedance spectroscopy 

102 1 
Anti-L. pneumophila 

rabbit antibodies 
Cells (S1) 

Low: Need for pre-detection 

washing, detection of multiple 

serotypes 

is not validated 

[260] 

Loop mediated 

isothermal amplification 

(LAMP) 

cyclic voltammetry (CV) 

2.6 CFU 0.5 

Primers for LAMP 

and redox-active 

double stranded DNA 

for electrochemical 

sensing 

DNA 

(S1-6 and 

Non-

pneumophila 

species) 

Low: Sample purification, 

DNA extraction, and 

amplification 

 

[215] 

L.DNAlyzer 103 0.5-3 
L. pneumophila RNA 

cleaving DNAzyme 

CEM 

(S1-15) 

High: fully-integrated, 

 real time measurement, 

centrifugation can be replaced 

with in-line filtration 

 

This 

study 

 

 

 

 

 

https://www.sciencedirect.com/topics/chemistry/deoxyribonucleic-acid
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Table S4.4. L. pneumophila DNAzyme sequences from 5’ to 3’  

L. pneumophila e-RCD Methylene blue – TGA ACC TTA CCT CTG ACT RA TG ACC TCT TAG CCC TTC ATT TCA 

GCC GAA AGC ACA TCT TTC GGG GGC T TTTTT – Amino  

L. pneumophila substrate Methylene blue – TGA ACC TTA CCT CTG ACT RA TG ACC TCT TAG CCC TTC 

DNAzyme of L.  

pneumophila   

ATT TCA GCC GAA AGC ACA TCT TTC GGG GGC T TTTTT – Amino  

Ligation template T TTC GGC TGA AAT GAA GGG CTA AGA G  

Capture probe AGT CAG AGG TAA GGT TCA – SH (thiol)  

e-barcode  Methylene blue – TGA ACC TTA CCT CTG ACT 

 

Table S4.5. Analysis of the kinetic parameters of the L.DNAlyzer for 108 CFU/mL of L. 

pneumophila CEM at different flow rates. Experiments were conducted for a total volume of 300 

µL of L. pneumophila CEM spiked in 1× selection buffer (15 mM MgCl2, 150 mM NaCl, 50mM 

HEPES, pH 7.5). The numbers in the parentheses represent the average coefficient of variance %. 

Flowrate (µL/min) Lag-time (min) Slope of linear region (nA/min) R2 Imax (nA) 

0 134 (11%) 1.9 0.98 196 (36%) 

3 8 (35%) 2.05 0.99 284.3 (20%) 

30 12 (0%)  2.87 0.98 264 (24%) 

100 6 (0%) 4.17 0.99 319.2 (5.5%) 

300 48 (0%) 3.67 0.99 343 (12.4%) 
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Table S4.6. Analysis of the kinetic parameters of the L.DNAlyzer at different concentrations. 

Experiments were conducted at 100 µL/min flowrate for a total volume of 300 µL of L. 

pneumophila CEM spiked in either 1× selection buffer (15 mM MgCl2, 150 mM NaCl, 50mM 

HEPES, pH 7.5) or cooling tower water (water). The numbers in the parentheses represent the 

average coefficient of variance %. 

Concentration 

(CFU/mL) 

Media Lag time (min) Slope of linear 

region (nA/min) 

R2 Imax (nA) 

107 Buffer 0 (0%) 11.57 0.99 893 (1.3%) 

Water 12 (0%) 1.96 0.99 381 (3.7%) 

106 Buffer 7.5 (30.9%) 9.26 0.99 992 (3.8%) 

Water 12 (0%) 1.42 0.99 403 (14.9%) 

105 Buffer 6 (0%) 0.86 0.97 170 (6.2%) 

Water 14 (17.5%) 0.40 0.98 46 (6.5%) 

104 Buffer 36 (0%) 0.10 0.95 24 (19%) 

Water 150 (0%) 0.03 0.98 17 (14.9%) 

103 Buffer 180 (0%) 0.04 0.98 12 (15.9%) 

Water 180 (0%) 0.03 0.98 17 (4.8%) 

 

Table S4.7. Limit of detection (LOD) calculations in buffer. Experiments were conducted at 100 

µL/min flowrate for a total volume of 300 µL of L. pneumophila CEM spiked in 1× selection 

buffer (15 mM MgCl2, 150 mM NaCl, 50 mM HEPES, pH 7.5).  

Time (minutes) Limit of 

blank (nA) 

LOD (nA) Con_LOD 

Log10 

Con_LOD 

(CFU/mL) 

R2 

12 -0.62 0.10 5.98 1.99E+05 0.93 

18 -0.15 0.07 4.28 1.22E+05 0.99 

30 -0.01 0.31 4.25 1.95E+04 0.92 

60 -0.50 -0.21 4.06 1.62E+04 0.96 

90 -0.50 -0.35 3.55 1.40E+04 0.97 

120 -0.32 -0.22 3.29 1.94E+03 0.94 

180 0.17 0.30 3.14 1.40E+03 0.95 

240 0.54 0.65 3.10 1.11E+03 0.98 

420 1.09 1.20 3.33 1.12E+03 1.00 
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Table S4.8. Limit of detection (LOD) calculations in cooling tower water. Experiments were 

conducted at 100 µL/min flowrate for a total volume of 300 µL of L. pneumophila spiked in cooling 

water sample. 

Time (minutes) Limit of 

blank (nA) 

LOD (nA)  Con_LOD 

Log10  

Con_LOD 

(CFU/mL) 

R2 

12 -0.62 0.12 6.05 7.53E+05 0.93 

18 -0.58 0.07 5.63 1.26E+05 0.92 

30 -0.67 0.23 5.00 4.76E+04 0.91 

60 -0.58 0.29 4.71 3.73E+04 0.92 

90 -0.41 -0.06 4.16 2.59E+04 0.94 

120 -0.44 -0.39 3.63 1.41E+04 0.95 

180 0.29 0.38 3.55 1.92E+03 0.95 

240 0.39 0.46 3.61 9.24E+02 0.95 

420 0.81 0.84 3.44 7.16E+02 0.90 
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4.7.3 Supplementary figures  

 

Figure S4.1 Fabrication of the L.DNAlyzer. a) Electrode fabrication: A clean glass slide is covered 

with a vinyl sheet patterned using a craft cutter. The covered glass slide is sputtered with chromium 
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(30 nm at 0.3 A0/s) and gold (100 nm at 0.4 A0/s). Counter and working electrodes are 

electroplated/nanostructured with gold, and the reference electrode is electroplated with Ag/AgCl. 

b) Channel fabrication: A polystyrene substrate is covered with a vinyl sheet and patterned using 

a craft cutter. The surrounding vinyl is peeled off and a 1:10 polydimethylsiloxane (PDMS) 

mixture is poured on the mold and polymerized at 40 ºC overnight. The channels are then cut and 

peeled for bonding to glass chips. c) AutoCAD designs of the glass chips: the reference and counter 

electrodes have a width of 250 µm and a length of 19 mm, each star working electrodes has a 

geometric area of ~ 0.3 mm2. d) AutoCAD designs of the polydimethylsiloxane channels: the 

serpentine channel has a width of 390 µm and height of 80 µm, the channel width in the sensing 

area is1.6 mm. 

 

Figure S4.2 The characterization of microgel magnetic beads (mMB). a) Magnetic separation 

test. b) SEM images of the mMBs. c) Laser diffraction particle size distribution of methacrylic 

acid functionalized mMBs. 

 

(a) (b) (c) 

5 µm
5 µm



Ph.D. Thesis – Enas Osman; McMaster University - Biomedical Engineering. 

 

118 

 

Figure S4.3 Device optimization. a) Two-electrode electrochemical cell using silver/silver chloride 

as the reference/counter electrode. b) Two-electrode electrochemical cell using nanostructured 

gold electrode as working and reference/counter electrodes. c) Three-electrode electrochemical 

cell using silver/silver chloride for reference and nanostructured gold for counter and working 

electrodes. d) Background noise is calculated for each device using root mean square noise (RMS) 

of SWVs calculated between -0.1 V to -0.4 V. Plots (a-c) demonstrate Imax versus time extracted 

from continuous SWV measurements in the presence of e-barcodes. Experiments were conducted 

at a flow rate of 100 µL/min for a total volume of 300 µL of 100 nM of e-barcode spiked in 1x 

selection buffer for 60-120 minutes. Results represent mean ± standard error, n = 6. 
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Figure S4.4 Electrode preparation. a) Chronoamperometry (-0.45 V, 600 s) scans for gold 

electroplating using 10 mM of gold (III) chloride solution (HAuCl4) in 0.5 M HCl. b) 

Chronoamperometry (-0.05 V, 300 s) scans for silver (Ag) deposition using 0.3 M silver nitrate 

(AgNO3) in 1 M ammonium hydroxide. c) Chronoamperometry (0.5 V, 200 s) for AgCl deposition 

using 1 M KCl on the electroplated silver electrode. d) Schematics of the final iteration of the 

L.DNAlyzer. All experiments were conducted versus Ag/AgCl electrode. 

 

Figure S4.5 SEM images of (a) planar and (b) nanostructured working electrodes. 
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Figure S4.6 Kinetics parameters of L.DNAlyzer. a) Example of the forward (iforward), reverse  

(ireverse), and differential (∆i) square wave voltammogram (SWV) at 60 Hz for planar (i) and 100 

Hz for nanostructured (ii) electrodes, b) SWV at different frequencies (20 - 300 Hz) on planar (i) 

and nanostructured (ii) working electrodes to extract ∆i/f versus f in (c) for planar (i) and 

nanostructured (ii) electrodes. SWVs were obtained by measuring the hybridization of e-barcodes 

at different frequencies. Experiments were conducted versus Ag/AgCl reference electrode at 100 

nM of e-barcode spiked in 1 × selection buffer for 30 minutes. 
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Figure S4.7 Cyclic voltammetry scans of planar (a) and nanostructured (b) working electrodes with 

n=3. c) Summary of electroactive surface area and roughness factor for planar and nanostructured 

electrodes. Experiments were conducted versus Ag/AgCl reference electrode in 0.1 M H2SO4.   
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Figure S4.8 Capture probe density optimization on nanostructured gold working electrodes. 

Characterization of capture probe deposition using cyclic voltammetry in 2 mM potassium 

hexacyanoferrate (II) and 2 mM potassium ferrocyanide before and after probe deposition, and 

after backfilling with 100 mM of 6-mercapto-1-hexanol for a probe concertation of 10 (a), 5 (b), 

and 2 (c) µM. d) Imax extracted from square wave voltammograms obtained from the hybridization 

of e-barcode at three different capture probe concentrations (2, 5, 10 µM) on the working 

electrodes. Experiments were conducted versus Ag/AgCl reference electrode at 100 µL/min 

flowrate for a total volume of 300 µL of 100 nM of DNA barcode spiked in 1× selection buffer. 

 



Ph.D. Thesis – Enas Osman; McMaster University - Biomedical Engineering. 

 

123 

 

Figure S4.9 Hybridization parameters of L.DNAlyzer. a) Lag time, b) Slope, and c) Imax extracted 

from Fig. 1(b) from square wave voltammagrams taken every 6 minutes versus Ag/AgCl reference 

electrode for a total volume of 300 µL of 108 CFU/mL of L. pneumophila bacterial CEM spiked in 

1× selection buffer. Results represent average ± standard error, n = 3-6. 
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Figure S4.10 Flowrate optimization of the L.DNAlyzer. Imax versus time for a flow rate of (a) 100 

µL/min and (b) 300 µL/min. The experiments were conducted using square wave voltammetry 

scans taken every 6 minutes versus Ag/AgCl. The target concentration was 106 CFU/mL of L. 

pneumophila bacterial CEM spiked in 1× selection buffer. Results represent average ± standard 

error, n = 3-4. 

 

Figure S4.11 Bacterial culture and gel electrophoresis validation. a) Cultured environmental 

isolates of bacterial strains used in this study and the corresponding optical density (OD600) at 109 

CFU/mL. b) The cleavage efficiency of L. pneumophila DNAzyme determined using gel 

electrophoresis. The uncleaved bands demonstrate the fluorescently labeled L. pneumophila 
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DNAzyme. Whereas the cleaved bands demonstrate the fluorescently labeled barcode cleaved 

from the L. pneumophila DNAzyme upon target interaction. The cleavage percentage determines 

the percentage of the cleaved fluorescently labeled barcode. The media lane indicates the L. 

pneumophila DNAzyme in bacterial growth media without target as a negative control. The NaOH 

lane indicates a positive control where the RNA site of the L. pneumophila DNAzyme is cleaved. 

 

Figure S4.12 Measurement of hybridization efficiency in buffer and cooling tower water. a) 

Number of hybridized e-barcodes in the L.DNAlyzer at different L. pneumophila CEM 

concentrations at 100 µL/min for 180 minutes. b) Chronocoulometry curves performed in the 

presence and absence of 100 µM Ruthenium Hexamine (Ru (NH3)6 
3+  to calculate the surface 

density of capture probes (see supporting information methods for details). c) Hybridization 

efficiency of the L.DNAlyzer at different L. pneumophila CEM concentrations. Results represent 

average ± standard error, n = 3-6. 
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Figure S4.13 Limit of detection of the L.DNAlyzer in buffer. The data represent Imax versus L. 

pneumophila CEM concentration at different time points. Experiments were conducted using an 

Ag/AgCl reference electrodes at a flow rate of 100 µL/min for a total volume of 300 µL of CEM 

spiked in 1× selection buffer. Results represent average ± standard deviation, n = 4. 
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Figure S4.14 Limit of detection of the L.DNAlyzer in cooling tower water. The data represent Imax 

versus L. pneumophila CEM concentration at different time points. Experiments were conducted 

using an Ag/AgCl reference electrode with a flow rate of 100 µL/min for a total volume of 300 µL 

of CEM spiked cooling tower water. Results represent average ± standard deviation, n = 4. 
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Figure S4.15 Calculation of dissociation equilibrium constant (Kd). One site - specific binding fit 

of the L.DNAlyzer data extracted from Fig. 2 (a) in 1x selection buffer (a) and cooling tower water 

(b) at a flowrate of 100 µL/min at 180 minutes. Results represent average ± standard deviation, n 

= 3-6. 
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Figure S4.16 Coefficient of variance (CV) analysis for L.DNAlyzer in buffer and cooling tower 

water. a) CV for the Imax versus time extracted from continuous square wave voltammograms for 

L. pneumophila CEM concentrations ranging from 0-107 CFU/mL (Fig. 2 (a)). CV represents 3-6 

identical electrodes within the L.DNAlyzer, using identical samples. 
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Chapter 5  Design and simulation of biomimetic microfluidic 

designs to achieve uniform flow and DNA capture for high-

throughput multiplexing 

 

Preface: Chapters 3 and 4 explored advancements in DNA-based electrochemical biosensors and 

applied that knowledge to develop a continuous monitoring device for Legionella pneumophila. 

In this chapter, we focus on expanding the system’s capabilities to detect multiple analytes from 

water samples. We investigate various microchannel designs optimized for multiplexing, drawing 

inspiration from nature. The bio-inspired designs are then studied and refined in silico to achieve 

uniform flow velocity, and DNA capture on the reaction sites, ensuring enhanced multiplexing 

performance.  

Authors: Enas Osman, Jonathan L'Heureux-Hache, Phoebe Li, Leyla Soleymani 

Publications: Submitted to Lab on a Chip journal in Dec 2024  

5.1 Abstract  

High-throughput multi-analyte point-of-care detection is often constrained by the limited number 

of analytes that can be effectively monitored. This study introduces bio-inspired microfluidic 

designs optimized for multi-analyte detection using 38–42 biosensors. Drawing inspiration from 

the human spinal cord and leaf vein networks, these perfusion-oriented designs ensure uniform 

flow velocity and consistent molecular capture while maintaining spatial separation to prevent 

cross-talk. In silico optimizations achieved velocity profile uniformity with coefficients of 

variance of 0.89% and 0.86% for the spine- and leaf-inspired designs, respectively. However, 
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simulations revealed that velocity uniformity alone is insufficient for accurate molecular capture 

prediction without consistent reaction site channel dimensions. The bio-inspired designs 

demonstrated superior performance, stabilizing — coefficient of variance below 20% — in DNA 

capture within 10 minutes, compared to 68 minutes for a simple branched design. This work 

underscores the potential of bio-inspired microfluidics to enable scalable, uniform, and high-

performance systems for multi-analyte detection. 

5.2  Introduction  

Multiplexing, which refers to either generating multiple signals for a single analyte [25] or 

detecting multiple analytes simultaneously, plays a critical role in advancing diagnostics across 

various fields [24]. In health monitoring and disease diagnostics, the continuous multiplexed 

measurement of biomarkers such as glucose [261], lactate [261], urea [262], citrate [263], metal 

ions [264], and small proteins such as enzymes, hormones, and cytokines provides invaluable 

information about physiological health [265]. Similarly, profiling microRNA (miRNA) 

biomarkers has gained prominence for diagnosing, assessing prognosis, and monitoring diseases, 

including cancer, neurodegenerative disorders, and cardiovascular conditions [266, 267]. 

Thousands of miRNAs are screened to obtain accurate profiles of pathogenic expressions, with 

focused panels typically requiring 20–42 analytes for precise diagnosis [266]. In environmental 

and food safety monitoring, multiplexing is required for the detection of well over 100 pathogens 

(e.g. bacteria [268] and viruses [269]), contaminants, and harmful chemicals [268] in a single 

sample. Identification of different species, as well as determination of antibiotic resistance can 

inform effective treatment strategies and reduce response times, potentially saving lives [270]. 

These diverse biomarkers can be detected by immobilizing biorecognition elements such as 

aptamers [92], oligonucleotides, enzymes, antibodies, and peptides [67] onto sensing surfaces 

https://www.sciencedirect.com/topics/chemistry/oligonucleotide
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designed to selectively bind to their targets [271]. Integrating a large number of biosensors, often 

rely on the amalgamation of biorecognition elements into a single device which presents 

significant technical challenges, requiring multiple readout labels, cross-contamination, and signal 

interference [116].   

Conventional diagnostic methods that have been designed for operation at centralized laboratories 

are not suitable for rapid clinical decision making at or near the patient, which adds delays in 

diagnosis, especially for those in remote and resource-poor areas [1, 9]. This has fueled the 

development of portable, simple, rapid, and multiplexed point-of-care (POC) diagnostics [31].  

Microfluidic systems offer several advantages for the development of fully-integrated biosensors 

for POC diagnostics and health monitoring [265]. These include reducing sample and reagent 

volumes [32], increasing local analyte concentrations [272], enabling multiplexing [273], and 

providing reproducible reaction conditions at the detection zones [274], all of which are essential 

for optimizing sensor performance. Electrochemical transduction, in particular, has been widely 

adopted within microfluidic platforms due to its compatibility with miniaturization while 

maintaining sensitivity and reliability [34, 101, 135, 275]. However, current electrochemical 

microfluidic systems are typically limited to detecting 2–4 analytes simultaneously [68], falling 

short of the demands for modern diagnostics. The primary challenge lies in integrating the 

detection of multiple analytes within a single device. 

A key challenge in multi-analyte detection within passive flow channel designs—especially 

without the use of valves—is maintaining consistent biochemical environments and ensuring 

uniform interaction times across the channels. This is particularly critical in multiplexed affinity-

based biosensors. Achieving consistent target capture efficiency across multiple biosensors 
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integrated into a single system, while ensuring distinct signal readout without interference from 

neighboring electrodes, often demands precise assay [276, 277] and channel [116] designs. Surface 

treatments between electrodes are commonly employed in electrochemical arrays within a single 

channel to isolate adjacent electrodes [46]. However, in the absence of such advanced assay 

designs and surface treatments, these systems are prone to issues such as cross-contamination 

during immobilization and capture [46], signal interference from adjacent electrodes, and cross-

talk caused by lateral movement of electroactive species between electrodes [116]. To address 

challenges that compromise high-fidelity performance, spatial separation techniques employing 

separate detection zones [18], parallel channels [278], or bifurcating designs [67] have been 

proposed. These approaches promote uniformity by maintaining consistent channel resistance and 

equal distances from the sample introduction point. Despite their advantages, these designs are 

typically limited to detecting 2-4 analytes [67, 68, 278], due to the increased complexity of scaling 

for high-throughput multiplexing.  

Scaling up microfluidic designs while maintaining spatial separation poses significant challenges 

due to the need for uniform flow velocity, analyte distribution, and target capture efficiency. 

Computational approaches such as finite element analysis are well-suited for predicting and 

optimizing the performance metrics of multiplexed microfluidic systems [279]. In silico methods 

enable the development of multiplexed biosensors with uniform flow velocities and consistent 

chemical reaction conditions, thereby reducing reliance on experimental trial and error [279]. 

Recent studies have explored novel designs in silico including manifold and biomimetic designs 

to address flow velocity uniformity while maintaining spatial separation. Biomimetic structures 

are particularly interesting because of their high functionality in flow velocity and distribution 

profiles [280]. A manifold channel network inspired by the human circulatory system was 
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optimized to achieve a flow velocity uniformity with 2.5% standard deviation across four channels, 

though experimental validation using microparticle image velocimetry indicated an approximately 

10% standard deviation [281]. While promising for velocity profile uniformity, this design lacked 

capture efficiency modeling and was limited in the number of reaction sites. In another study, a 

tentacles-like device inspired by many invertebrates demonstrated flow velocity uniformity in 

silico in simultaneous multi-analyte detection [282]. This design successfully addressed velocity 

uniformity and cross-talk prevention by employing spatial separation across six detection zones. 

Similarly, a rhombus tree-like device with a series of bifurcations achieved a uniform velocity 

profile, culminating in a chamber with a 10% standard deviation through in silico optimization; 

however, the design is prone to signal interference due to the lack of spatial separation [279].  

As demonstrated in previous studies, most multi-analyte microfluidic designs are constrained by 

the limited number of analytes they can effectively detect. To overcome this limitation, we 

developed biomimetic microfluidic systems inspired by the spinal cord and staghorn plant leaf 

vein networks, incorporating 38-42 biosensors into a single microfluidic system. These bio-

inspired designs were optimized in silico to achieve uniform flow velocity and consistent analyte 

capture across different channels while maintaining spatial separation to prevent cross-talk 

between reaction sites. The performance of these designs was further validated through direct 

comparison with a simpler branched microfluidic design. 

5.3 Methods 

5.3.1 Theory  

We simulated the fluid dynamics within the microfluidic channels using COMSOL Multiphysics® 

software (version 6.2, COMSOL AB, Stockholm, Sweden). To apply the computational finite 
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element analysis from the hydrodynamic equations module, we assumed laminar flow of an 

incompressible fluid, governed by the Navier-Stokes equation (1). This equation governs the 

motion of fluids, representing the conservation of momentum, where 𝑢 is the velocity of fluid, 𝜌 

is the density of fluid, 𝑝 is pressure, 𝐾 is the viscous stress tensor, and 𝐹 denotes the external force 

applied to the fluid. For incompressible flow, where the density remains constant, the continuity 

equation (2) converges to zero. This assumption is valid based on the properties of the fluid and 

the scale of the microfluidic channels [283]. 

𝜌(𝑢 ∙ ∇𝑢)= ∇ ∙[−𝑝𝐼+𝐾]+𝐹 (1) 

ρ∇ ∙ u=0 (2) 

In summary, (1) represents the balance between inertial, pressure, viscous, and external forces, 

while (2) ensures fluid incompressibility by enforcing that the velocity field is divergence-free. 

To study DNA-DNA hybridization in the reaction sites, we used the transport of diluted species 

module in COMSOL 6.2, which models the diffusion and convection of diluted species in a liquid, 

as described by Fick’s law, when flow is present [284].  

𝜕𝑐𝑖
𝜕𝑡
+ 𝛻 ∙ 𝐽𝑖 + 𝑢∙ 𝛻𝑐𝑖= 𝑅𝑖 (3) 

𝐽𝑖=−𝐷𝑖∇𝑐𝑖 (4) 

The species transport equation (3), where the term 
𝜕𝑐𝑖

𝜕𝑡
 represents the rate of change of the 

concentration of species 𝑖 over time, 𝛻 ∙ 𝐽𝑖 is the divergence of the flux accounting for the net rate 

of species 𝑖 entering or leaving the volume due to diffusion, 𝑢 ∙ 𝛻𝑐𝑖 term represents convection, 

which is the transport of species 𝑖 due to the bulk movement of the fluid at velocity 𝑢, and 𝑅𝑖 is 
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the reaction term of the rate of production or consumption of species 𝑖 due to the chemical reaction. 

By substituting the flux term with Fick’s law of diffusion (4), the flux of species 𝑖 is proportional 

to the gradient of its concentration and moves from high to low concentration, governed by the 

diffusion constant 𝐷𝑖 [284].  

𝜕𝑐𝑠,𝑖
𝜕𝑡
+𝛻𝑡∙(−𝐷𝑖𝛻𝑡𝑐𝑠,𝑖)= 𝑅𝑠,𝑖 (5) 

𝑁𝑠,𝑖= −𝐷𝑖𝛻𝑡𝑐𝑠,𝑖 (6) 

𝜃𝑖= 
𝑐𝑠,𝑖𝜎𝑖
Γ𝑠

 (7) 

𝜕𝑐𝑠,𝑖
𝜕𝑡
= 𝑅𝑠,𝑖 (8) 

Surface species transport equations (5-8) are used to model and describe the surface reaction, 

desorption, and adsorption process into a surface of species 𝑖. The 
𝜕𝑐𝑠,𝑖

𝜕𝑡
 term represents the rate of 

change of surface concentration, 𝛻𝑡.(−𝐷𝑖𝛻𝑡𝑐𝑠,𝑖) represents surface diffusion of species 𝑖, and 𝑅𝑠,𝑖 

is the surface transport term representing the rate of production or consumption of species 𝑖 on the 

surface. The surface coverage fractional occupancy is represented by (7), where 𝜃𝑖 is fractional 

occupancy, Γ𝑠 is the total surface site density, and 𝜎𝑖 is the molecular surface area of species 𝑖.  

5.3.2 Approach to simulations 

The microfluidic designs were created using AutoCAD (version 2024, Autodesk Inc., San Rafael, 

CA, USA), and subsequently imported into COMSOL Multiphysics. The designs were then used 

to model and analyze the fluid dynamics within the microchannels under various conditions. The 

simulations employed the Navier-Stokes equations to model laminar flow, providing insights into 
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the velocity and pressure profiles within the microchannels. The boundary conditions included a 

no-slip condition at the walls, zero pressure at the outlet, and a fully developed inlet flow.  

Additionally, the model was used to study transport of diluted species and surface reactions to 

simulate and understand the DNA-DNA hybridization/capture on the surface of reaction sites. The 

boundary condition was set with an initial concentration of zero, followed by a gradual inflow of 

different target concentrations, general inward flux of (R = Kon × concentration), along with surface 

reaction rate of R. The Kon (0.96×106 M-1min-1) and Koff (0.09 min-1) values are extracted from our 

previous work [146].  

The meshing strategy for 2D simulation were adjusted to ensure accurate results while maintaining 

computational efficiency. Normal, fine, and extremely fine meshes were tested using the staghorn 

sumac leaf inspired design to demonstrate mesh independency (Figure S5.1). Fine and extremely 

fine meshing showed identical flow velocity uniformity (coefficient of variance 0.86%), while 

normal demonstrate slightly higher variability (coefficient of variance 2.4%). Therefore, the 

meshing strategy for laminar flow used the default fine mesh option. Additionally, we tested the 

chosen fine mesh under varies flow rates (10-1000 µL/min), demonstrating no difference in the 

coefficient of variance measurement (Figure S5.2). In the 3D simulation, the meshing strategy was 

designed to achieve accurate results while maintaining computational efficiency. We employed a 

combination of physics-defined and user-defined approaches, utilizing a fine mesh for the reaction 

sites, a fine mesh for the boundaries, and a coarse mesh for the remaining geometry. Further 

increase of mesh refinement showed no improvement in capture kinetics. 
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5.4  Results and discussion  

5.4.1 Design of bio-inspired microfluidic systems 

The objective of this study was to create bio-inspired designs (Figure 5.1) that enable uniform flow 

distribution, target availability, and consistent target capture efficiency across multiple channels. 

This is crucial because biosensor signals are directly correlated with the number of available 

targets[146]. We explored the structural designs of the human spine and leaves, both of which 

feature multi-channel networks, as templates for creating multiplexed microfluidic systems. We 

hypothesized that the human spine (Figure 5.1a-i), which serves as the primary conduit for afferent 

and efferent signals between the brain and the body [285], could provide a template for ensuring 

uniform DNA hybridization and capture across different channels. To test this hypothesis, the 

dimensions of the spine-inspired design were scaled down by 1,000 times from the real-life 

dimensions of a healthy human spine [285] (Figure 5.1a-ii, iii; Table S5.1). Similarly, leaves were 

selected for their role in distributing nutrients for growth and photosynthesis through an intricate 

network of veins (Figure 5.1b-i). The dimensions of a real staghorn sumac leaf were measured and 

scaled down by 1,000 times (Figure 5.1b-ii, iii) as well to guide the development of a multiplexed, 

biomimetic microfluidic system (Table S5.2). 
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Figure 5.1 Design of the bio-inspired multiplexed microfluidics. (a) Human spine-inspired design, 

(i) human spine schematic, (ii) the original design of a healthy human spinal vertebrae, (iii) the 

adaptation of the healthy human spinal vertebrae for microfluidics. (b) Staghorn sumac leaf-
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inspired design, (i) staghorn sumac leaf, (ii) the original design of the staghorn sumac leaf, (iii) the 

adaptation of the staghorn sumac leaf for microfluidics. 

5.4.2 Optimization of the spine-inspired microfluidics design 

The spine-inspired design dimensions were adapted from the spinal measurements of the healthy 

individuals cadavers [285]. The human spine consists of 33 vertebrae; however, for this design, 

the lower lumbar spine L4-L5, sacral, and coccygeal spine were not considered. These vertebrae 

were excluded as their fusion would not allow for channel separation, adding unnecessary 

fabrication complexity. As a result, the number of subchannels in the design was set at 38. The 

original dimensions of a human spinal vertebrae were scaled from the millimeter to the micrometer 

range to create the microfluidic channels (Table S5.1), achieving a Reynold’s number of 18.6 and 

a range of 14.3 – 18.6 (due to width variability) at 100 µL/min in the original and optimized 

designs, respectively. Both original and optimized designs ensure laminar flow (Re < 2000)[243]. 

The original dimensions resulted in good velocity uniformity (Figure 5.2a-i) and pressure 

distribution (Figure 5.2b-i), consistent with the inherit neural networking functions [286], with a 

coefficient of variance of 14.68% (Figure 5.2c-i) in the velocity profile. We manually fine-tuned 

the original design by varying the subchannel widths, creating an improved velocity profile (Figure 

5.2a-ii), along with lower pressure drop across inlet and furthest reaction sites from the inlet 

compared to the original design (Figure 5.2b-ii). As a result, the redesign shows a reduced 

coefficient of variance of 0.89% (Figure 5.2c-ii) in the velocity vector at the reaction sites. 
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Figure 5.2 Redesign of the spine-inspired design. (a) Velocity profile of the original (i) and 

optimized (ii) design. (b) Pressure profile of the original (i) and optimized (ii) design. (c) Velocity 

vector in each channel for the original (i) and optimized (ii) design. Simulations are run using fully 

developed laminar flow at 100 µL/min flow rate. 
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5.4.3 Optimization of the leaf-inspired microfluidics design 

In order to estimate the length and width of each leaf vein, we measured and scaled a real staghorn 

sumac leaf from the millimeter to the micrometer range to achieve a low Reynolds number of 20.8 

at 100 µL/min, ensuring a laminar flow regime (Re < 2000) in the leaf-inspired original and 

optimized microchannels design. The original dimensions resulted in poor uniformity in velocity 

profile (Figure. 5.3a-i), and pressure (Figure 5.3b-i), which may be due to the functional trade-offs 

inherent in the natural design of veins and leaves [287], as well as the exclusion of the shorter 

peripheral channels and additional sub-veins in the inspired design. The redesign, with 42 

subchannels, demonstrated an improved velocity profile (Figure 5.3a-ii), along with a lower 

pressure drop across the inlet and the furthest reaction sites from the inlet, indicating a smoother 

flow (Figure 5.3b-ii). The velocity profile variability across the subchannels in the original design 

show a coefficient of variance of 59.81% (Figure 5.3c-i), which is above the acceptable range for 

analyte detection [288]. To address this high variability, the design was manually fine-tuned by 

reducing the resistance in the side veins/channels and adjusting the length of each channel, 

ultimately achieving a coefficient of variance of 0.86% in the velocity vector across the reaction 

sites (Figure 5.3c-ii).  
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Figure 5.3 Redesign of the leaf-inspired design. a) Velocity profile of the original (i) and optimized 

(ii) design. b) Pressure profile of the original (i) and optimized (ii) design. c) Velocity vector in 

each channel for the original (i) and optimized (ii) design. Simulations are run using fully 

developed laminar flow at 100 µL/min. 
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5.4.4 DNA-DNA hybridization uniformity in the bio-inspired designs 

We sought to answer whether the optimized designs are in fact superior in DNA hybridization 

uniformity over the original designs, evaluated by calculating the variance in capture coefficient 

across the various reaction sites. In order to accurately simulate capture, a probe density of 

4.55×1012 molecules/cm2, Kon of 0.96×106 M-1min-1, and Koff of 0.09 min-1 were extracted from 

previous work in a similar system [146], resulting in a Kd of 94 nM. We then simulated the system 

(Figure 5.4a) using the target concentration of 100 nM, which was at the middle of the log-linear 

dynamic range of the biosensor, to understand and verify the uniformity of the binding kinetics on 

the spine and leaf inspired systems. Circular electrodes were positioned at an equal distance from 

all the subchannel outlets, and they were modeled as reaction sites to capture the flowing target at 

flow rates of 10, 50 and 100 µL/min. As the concentration of target is higher in the bulk solution 

than the reaction sites, molecules diffuse from the bulk to the reaction sites through the diffusion 

layer [49] (Figure 5.4b). We expect the capture efficiency of the reaction sites within different 

subchannels to be the same because of the reduced coefficient of variance of the velocity vector at 

the reaction sites (Figure 5.2, 5.3).   

The original and optimized spine-inspired designs show the same capture efficiency over time in 

all the 38 capture reaction sites and minimal drop in hybridization efficiency between the reaction 

sites in the first and last channels (Figure 5.4c, d), with a coefficient of variance of 0.43 % and 

0.59 % at 100 µL/min, 1.14 % and 1.49 % at 50 µL/min, and 3.20 % and 3.61 % at 10 µL/min for 

the original and optimized spine-inspired designs at 20 minutes, respectively (Figure S5.3a). While 

both original and optimized spine-inspired designs demonstrate uniform capture across all 38 

subchannels, it is interesting to observe that the original spine-inspired design has marginally lower 

coefficient of variance in all the tested flow rates (10, 50, 100 µL/min) (Figure S5.3a). We 
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hypothesize that the optimized spine-inspired design is more variable due to variable widths 

(ranging from 98.5 – 153.5 µm) of the subchannels, creating variable amount of target diffused 

DNA within each subchannel [289]. While in the original spine-inspired design with uniform 

subchannels widths (100 µm), the distance between the centerline of the flow and the reaction sites 

(diffusion path) is equal, allowing target DNA to reach the reaction site uniformly through 

sideways (lateral) diffusion [49]. Furthermore, as flow rate increases, convection becomes more 

dominant, reducing the effect of diffusion, resulting in less difference between the original and 

optimized spine-inspired systems (Figure S5.3a).  

The original and optimized leaf-inspired designs demonstrate uniform capture efficiency over time 

with the optimized design being less time variable and demonstrating a smaller drop in 

hybridization efficiency between the reaction sites in the first and last channels (Figure 5.4e, f). 

These designs exhibit coefficient of variance of 1.5 % and 0.79 % at 100 µL/min, 1.74 % and 1.74 

% at 50 µL/min, and 8.33 % and 5.49 % at 10 µL/min, for the original and optimized leaf-inspired 

designs at 20 minutes, respectively (Figure S5.3b). The improved variability in the optimized leaf-

design is expected due to the uniform widths (80 µm) of all the subchannels in both leaf-inspired 

designs.  

Leveraging velocity profile geometry and surface reactions modeling is an effective approach for 

enhancing DNA-DNA hybridization uniformity in biosensor designs. Based on the uniformity of 

DNA-DNA hybridization, we selected the original spine-inspired design and the optimized leaf-

inspired design for further kinetic analysis.  
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Figure 5.4 DNA-DNA hybridization of bio-inspired designs. (a) Schematics of the flowing DNA 

target and capture at the reaction/capture site using single stranded DNA probes. (b) Simulated 

channel cross section, showing the bulk target concentration of 100 nM and a reaction site. 

Hybridization efficiency of the original (c) and optimized (d) spine designs for the first (gray) and 

last (black) reaction sites. Hybridization efficiency of the original (e) and optimized (f) leaf designs 

for the first (gray) and last (black) reaction sites. Simulated laminar flow was set for a target 

concentration of 100 nM under a range of flow rates (10, 50, and 100 µL/min). 

To understand whether a bio-inspired branched design is indeed needed for multiplexed 

biosensing, we compared the performance of the spine- and leaf-based designs to a simple 

branched channel with the same main and subchannels width (100 µm) containing a similar 

number (40 electrodes) of reaction sites (Figure 5.5a). The simple branched design demonstrated 

a velocity coefficient of variance of 210.98 % at the 40 reaction sites (Figure S5.4). Our simulation 

of DNA-DNA kinetics – simulated with a surface coverage 4.55 × 1012 molecules/cm2, range of 

target concentration (1, 10, 50, and 100 nM), and under variable flow rates (10, 50, 100 µL/min), 

resulted in a large drop of hybridization efficiency between the first and last channel reaction sites 

in the simple branched compared to the spine and leaf inspired designs (Figure 5.5a-c). 

Additionally, the systems demonstrate a trend of high (> 35 %) at 36 minutes for the simple 

branched and 5 minutes for the bio-inspired designs, moderate (10 - 35 %) at 84 and 36 minutes 

for the simple branched and bio-inspired designs, respectively, and low (< 10 %) coefficient of 

variance overtime for both designs across all target concentration and flow rate parameters (Figure 

5.5c, Table 5.3-5.5). The highest variability demonstrated by all three designs is at target 10 nM 

under 10 µL/min showing a coefficient of variance of 127.81 %, 92.58 %, and 63.64 % at 5 

minutes, 54.14 %, 19.24 %, and 16.05 % at 20 minutes, 29.23 %, 5.48 %, and 5.79 % at 52 minutes, 
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and 8.68 %, 0.49 %, and 0.52 % at 100 minutes for the simple branched, spine-inspired, and leaf-

inspired designs, respectively. Less variability at later timepoints is reported in literature when 

surface reaction and mass transport models are taken into account [290]. Interestingly, the DNA 

capture coefficient of variance decreases with the increase of flow rate from 10 to 100 µL/min 

(Figure 5.5c), respectively, which could be attributed to the dominance of convection over 

diffusion at higher flow rates, ensuring more uniform delivery of target DNA molecules to the 

reaction sites [291]. While a simple branched design may be appropriate in specific cases where a 

capture gradient is beneficial [292], its significant variability in molecular capture across reaction 

sites, extending up to 68 minutes, makes it unsuitable for applications requiring rapid and uniform 

multi-analyte detection. 
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Figure 5.5 Comparison of DNA-DNA hybridization kinetics of a simple branched design and bio-

inspired designs. The schematic and the hybridization efficiency at the first (purple) and last 
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(orange) reaction sites for the simple branched (a), original spine-inspired (b), and optimized leaf-

inspired (c) designs, along with a coefficient of variance analysis (d) across all the reaction sites 

for a target concentration of 10 nM at 100 µL/min flow rate for the simple branched, original spine-

inspired, and optimized leaf-inspired designs.  Results show various DNA target concentrations 

(1, 10, 50, 100 nM), under a range of flow rates (10, 50, 100 µL/min). 

5.5 Conclusion  

There is a growing need for multiplexed biosensors that ensure uniform flow velocity, analyte 

distribution, and target capture for high-throughput multi-analyte detection. To address this, we 

adapted the designs of the spinal cord and leaf vein networks into microfluidic platforms, 

leveraging their inherent self-regulation and optimized resource distribution. These bio-inspired 

structures aim to achieve uniform flow and DNA-DNA hybridization, providing a robust 

foundation for multiplexed detection systems. 

To evaluate the efficacy of these designs, we first analyzed the velocity and pressure profiles in 

the original designs, followed by optimizing their dimensions to improve flow uniformity at the 

reaction sites through computational simulations. We then compared the original and optimized 

designs in terms of molecular capture at a target concentration of 100 nM, under varying flow rates 

(10, 50, and 100 µL/min). Notably, the original spine-inspired design exhibited less variability 

than the optimized design, suggesting that a combined approach—optimizing flow dynamics, mass 

transport, and surface reaction modeling—better predicts DNA capture uniformity than flow 

dynamics alone. 

In further validation, we compared a simple branched design with the bio-inspired designs to assess 

the variability in target capture in the different reaction sites. The capture kinetics in both designs 
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initially exhibited high variability more than 35 % at 36 minutes for the simple branched and 5 

minutes for the bio-inspired designs, transitioning to moderate variability between 10 % and 35 % 

at 84 and 36 minutes for the simple branched and bio-inspired designs respectively, then eventually 

both designs stabilizing with less than 10 % variability as adsorption-desorption and mass transport 

reached steady-state. Notably, the bio-inspired designs demonstrated significantly lower variability 

compared to the simple branched design, achieving stabilization (coefficient of variance < 20%) 

within 10 minutes, compared to up to 68 minutes for the simple branched design under varying 

flow rates and target concentrations. These findings highlight the benefits of bio-inspired 

approaches for efficient multi-analyte detection and pave the way for the development of adaptive 

microfluidic systems. Such systems hold great potential for advancing multi-analyte diagnostics 

and monitoring across a wide range of applications, including clinical, food, and environmental 

sectors. 
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5.6  Supplementary information 

5.6.1 Supplementary tables  

Table 5.1 Estimated transverse diameter and length of vertebral bony segments of the healthy 

human spine, along with the scaled and optimized dimensions of the spine-inspired design. 

 

Vertebrae  
Transverse 

diameter (mm) 

Length 

(mm) 

Scaled 

 diameter (µm) 

Scaled  

length (µm) 

Width 

(µm) 

Optimized 

width (µm) 

C1 115 32 115 32 -  - 

C2 123 32 123 32 100 98.5 

C3 131 28 131 28 100 100 

C4 133 27 133 27 100 100 

C5 131 27 131 270 100 100 

C6 121 26 121 26 100 100 

C7 11 31 110 31 100 101 

T1 108 34 108 34 100 105 

T2 97 37 97 37 100 105 

T3 95 37 95 37 100 110 

T4 92 39 92 39 100 113.5 

T5 88 39 88 39 100 117.5 

T6 84 42 84 42 100 122.3 

T7 83 43 83 43 100 127.5 

T8 86 45 86 45 100 132.7 

T9 86 46 86 46 100 138.6 

T10 82 48 82 48 100 142.5 

T11 86 51 86 51 100 150 

T12 94 54 94 54 100 153.5 

L1 71 57 71 57 100 149.3 
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Table 5.2 Measured staghorn sumac veins network, along with scaled and optimized dimensions 

for the leaf-inspired design. 

 

Vein # 
Vein 

 length (mm)  

Scaled vein 

length (µm)  

Optimized vein 

length (µm) 

Vein separation 

distance (d) (µm) 

Optimized vein 

separation  

distance (d) (µm) 

1 700 700 1700 500 480.3 

2 1500 1500 1700 200 189.5 

3 1700 1700 1700 200 189.5 

4 1700 1700 1690 200 189.5 

5 1400 1400 1640 500 489.7 

6 1700 1700 1615 400 389.6 

7 1700 1700 1600 300 289.6 

8 1600 1600 1555 600 589.7 

9 1500 1500 1520 400 309.6 

10 1500 1500 1470 500 489.7 

11 1300 1300 1425 400 389.6 

12 1300 1300 1360 400 389.6 

13 1300 1300 1310 300 289.6 

14 1100 1100 1250 500 489.7 

15 700 700 1120 550 539.7 

16 600 600 1010 500 489.7 

17 700 700 870 400 389.6 

18 400 400 750 350 340 

19 300 300 590 400 389.6 

20 300 300 510 200 189.5 

21 200 200 380 300 389.6 

22 -  - - 565.8 
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Table S5.3 Coefficient of variance percentage of the simple branched design under fully developed 

laminar flow for various DNA target concentrations (100, 50, 10, 1 nM) under different flow rates 

(100, 50, 10 µL/min). 

Simple branched  100 µL/min 50 µL/min 10 µL/min 

Time (min) 100 nM 50 nM 10 nM 1 nM 100 nM 50 nM 10 nM 1 nM 100 nM 50 nM 10 nM 1 nM 

0.34 82.93 82.98 83.03 83.77 94.09 94.16 94.29 92.20 124.29 121.81 124.54 118.98 

0.66 71.21 71.23 71.26 71.14 81.64 81.68 81.74 79.02 108.81 106.33 108.90 104.15 

1.30 60.29 60.03 162.97 162.97 70.23 163.54 163.19 159.98 94.79 160.54 163.58 157.86 

2.58 52.49 52.99 175.09 175.56 62.39 171.68 173.87 171.66 85.75 169.74 174.70 169.47 

5.14 42.12 43.30 125.95 124.49 52.37 148.97 126.47 122.96 74.88 126.65 127.82 122.40 

10.26 27.42 29.30 31.97 32.43 38.62 58.26 42.76 39.98 61.39 60.88 65.28 60.03 

20.50 13.39 15.83 22.15 23.02 23.06 34.44 31.83 29.98 46.96 48.32 54.14 49.07 

36.50 9.20 11.13 14.19 14.90 11.63 22.92 19.31 18.78 32.62 34.79 41.25 36.74 

52.50 7.02 8.45 9.81 10.49 6.36 10.88 9.98 10.47 20.88 22.66 29.23 25.64 

68.50 3.73 4.76 6.74 7.25 3.60 6.39 5.66 6.14 12.03 13.72 19.53 16.95 

84.50 1.50 1.99 3.32 3.65 2.17 4.07 3.45 3.49 6.73 8.18 12.81 11.10 

100.50 0.76 0.81 1.05 1.18 1.16 2.27 1.87 1.76 4.05 5.21 8.68 7.64 

116.50 0.51 0.53 0.47 0.43 0.48 1.18 0.87 0.80 2.73 3.64 6.16 5.55 

132.50 0.27 0.33 0.37 0.35 0.18 0.52 0.33 0.31 1.98 2.66 4.49 4.14 

148.50 0.11 0.15 0.19 0.20 0.12 0.09 0.12 0.13 1.65 1.96 3.32 3.11 

164.50 0.05 0.05 0.08 0.09 0.07 0.06 0.09 0.09 1.39 1.55 2.63 2.45 

 

Table 5.4 Coefficient of variance percentage over time of the original spine-inspired design under 

fully developed laminar flow for various DNA target concentrations (100, 50, 10, 1 nM) under 

different flow rates (100, 50, 10 µL/min). 

Original spine  100 µl/min 50 µl/min 10 µl/min 

Time (min) 100 nM 50 nM 10 nM 1 nM 100 nM 50 nM 10 nM 1 nM 100 nM 50 nM 10 nM 1 nM 

0.34 8.10 8.18 8.28 9.21 15.13 15.44 15.29 15.55 45.97 49.12 49.20 48.40 

0.66 0.64 0.64 0.63 0.86 1.72 1.72 1.67 1.86 24.71 27.85 27.90 28.06 

1.30 0.50 2.55 234.63 231.75 1.04 4.36 174.03 173.63 7.26 89.55 89.10 89.11 

2.58 3.83 2.54 429.97 429.96 3.96 2.64 274.02 274.60 11.20 124.72 126.39 126.85 

5.14 4.85 4.65 104.91 91.54 6.20 6.21 111.51 104.58 12.62 114.25 92.58 92.43 

10.26 3.05 3.25 3.15 3.62 4.51 4.89 4.68 5.41 6.86 32.37 11.21 11.43 

20.50 0.43 0.60 4.18 4.43 1.14 1.30 7.97 8.42 3.20 5.07 19.24 20.16 

36.50 0.88 0.86 1.81 1.92 0.98 1.03 3.94 4.16 3.58 10.12 14.81 15.39 

52.50 0.65 0.71 0.20 0.17 0.88 0.97 0.36 0.43 1.82 3.50 5.48 5.83 

68.50 0.16 0.22 0.65 0.65 0.28 0.35 1.01 1.00 0.41 1.60 1.25 1.28 

84.50 0.07 0.04 0.30 0.31 0.07 0.04 0.55 0.56 0.35 1.50 1.20 1.14 

100.50 0.07 0.07 0.02 0.03 0.09 0.09 0.07 0.08 0.21 0.47 0.49 0.47 

116.50 0.02 0.03 0.03 0.04 0.04 0.04 0.07 0.06 0.06 0.16 0.11 0.10 

132.50 0.00 0.00 0.06 0.07 0.00 0.00 0.07 0.07 0.03 0.15 0.11 0.11 

148.50 0.01 0.00 0.06 0.05 0.01 0.01 0.08 0.09 0.02 0.05 0.06 0.07 

164.50 0.00 0.00 0.02 0.05 0.00 0.00 0.03 0.05 0.01 0.02 0.02 0.02 
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Table S5.5 Coefficient of variance of the optimized leaf-inspired design under fully developed 

laminar flow for various DNA target concentrations (100, 50, 10, 1 nM) under different flow rates 

(100, 50, 10 µL/min). 

Optimized leaf  100 µl/min 50 µl/min 10 µl/min 

Time (min) 100 nM 50 nM 10 nM 1 nM 100 nM 50 nM 10 nM 1 nM 100 nM 50 nM 10 nM 1 nM 

0.34 12.62 23.14 69.54 12.75 24.40 23.44 23.29 23.14 70.47 69.97 69.75 69.54 

0.66 1.26 5.54 45.86 1.58 5.75 5.48 5.51 5.54 45.85 46.07 45.96 45.86 

1.30 0.65 1.74 21.49 161.24 121.82 121.83 5.17 1.74 58.98 59.15 59.39 21.49 

2.58 4.25 3.94 13.96 320.01 183.11 182.86 3.12 3.94 84.34 83.98 82.58 13.96 

5.14 6.09 6.25 17.62 87.81 92.65 95.44 6.22 6.25 65.39 64.98 63.64 17.62 

10.26 4.05 4.96 12.80 4.80 6.01 5.11 5.33 4.96 19.63 19.17 17.59 12.80 

20.50 0.79 1.74 5.49 6.82 12.34 11.72 1.83 1.74 19.83 18.94 16.05 5.49 

36.50 0.98 0.90 4.77 3.22 6.70 6.39 0.93 0.90 16.60 15.96 13.95 4.77 

52.50 0.80 0.86 3.06 0.32 1.28 1.16 0.95 0.86 7.48 7.06 5.79 3.06 

68.50 0.23 0.33 0.97 0.78 1.02 1.04 0.40 0.33 2.04 1.87 1.43 0.97 

84.50 0.06 0.06 0.39 0.43 0.69 0.69 0.07 0.06 0.84 0.90 1.07 0.39 

100.50 0.08 0.09 0.32 0.09 0.12 0.12 0.08 0.09 0.38 0.43 0.52 0.32 

116.50 0.03 0.04 0.12 0.08 0.12 0.11 0.04 0.04 0.14 0.14 0.15 0.12 

132.50 0.00 0.01 0.03 0.08 0.08 0.07 0.01 0.01 0.13 0.12 0.11 0.03 

148.50 0.01 0.01 0.03 0.08 0.09 0.09 0.01 0.01 0.09 0.08 0.06 0.03 

164.50 0.00 0.00 0.01 0.04 0.05 0.04 0.01 0.00 0.06 0.04 0.02 0.01 
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5.6.2 Supplementary figures  

 

Figure S5.1 Meshing analysis of the optimized leaf-inspired design across 42 sub-channel reaction 

sites. (a) Normal mesh velocity vector measurement (coefficient of variance, 2.4 %). (b) Fine mesh 

velocity vector measurement (coefficient of variance, 0.86%). (c) Extremely fine mesh velocity 

vector measurement (coefficient of variance, 0.86 %). Inlet flow rate is set at 100 µL/min. 
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Figure S5.2 Meshing analysis of the optimized leaf-inspired design across 42 sub-channel reaction 

sites. Fine mesh velocity vector measurement (coefficient of variance, 0.86 %) under various inlet 

flow rates (10 – 1000 µL/min). 

 

Figure S5.3 Coefficient of variance analysis of the bio-designs. (a) Spine-inspired coefficient of 

variance percentage of the flowing DNA target and capture at the 38 reaction sites. (b) Leaf-

inspired coefficient of variance percentage of the flowing DNA target and capture at the 42 reaction 

sites. Simulations are run using fully developed laminar flow for a DNA target concentration of 

100 nM under different flow rates (10, 50, 100 µL/min) at 20 minutes. 
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Figure S5.4 Analysis of the simple branched design. (a) Velocity profile, (b) Pressure profile, (c) 

Velocity vector in all 40 sub-channels. Simulations are run using fully developed laminar flow at 

100 µL/min. 
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Chapter 6 Conclusion and outlook  

6.1 Thesis summary  

Considering the increased risks of disease outbreaks and bacterial infections, timely detection and 

surveillance in water and complex media (e.g., urine, blood, saliva) are desperately needed as early 

detection and intervention are vital for the containment and control of outbreaks. Therefore, there 

is a high demand for POC diagnostic devices that are real-time, continuous, sensitive, robust, 

reliable, wash and reagent free, and simple to use. This thesis undertakes this challenge by 

integrating electrochemical biosensing with microfluidics along with introducing innovative 

designs to enhance multianalyte detection. 

Chapter 1 introduces the integration of electrochemical biosensing within microfluidics, along 

with the benefits, limitations, and recent advancements in the field of electrochemical biosensing 

and microfluidics integration. Additionally, it outlines the motivations and objectives of this thesis. 

Chapter 2 provides the theoretical background of biosensors, microfluidics, electrochemical 

techniques, and the design and materials used for electrochemical microfluidic diagnostic devices. 

Chapter 3 presents the design of an electrochemical assay to investigate the effect of surface 

morphology on DNA-DNA hybridization kinetics. The assay design includes a redox-active 

barcode solution that hybridizes with a complementary strand immobilized on planar and 

nanostructured surfaces. We then detected and analyzed the redox generated signal using SWV 

and extracted the kinetic parameters across a wide range of probe and target concentrations in both 

buffer and complex media. 
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Chapter 4 builds on the findings of Chapter 3 by utilizing nanostructured electrodes and a similar 

assay design for the detection of L. pneumophila integrated within a microfluidic device. The 

microsystem is composed of RCDs immobilized onto microgel magnetic beads housed within a 

microfluidic channel. Upon interaction with L. pneumophila, the RCD cleaves a redox-active 

barcode, which subsequently hybridizes with a complementary probe immobilized on the 

nanostructured electrodes. This design facilitates inline, continuous analysis of multiple L. 

pneumophila serotypes, offering a robust and efficient approach for real-time pathogen detection. 

Chapter 5 expands the microfluidic design capabilities to multi-analyte detection inspired by 

biomimetic designs resembling the human spinal vertebrae and leaf vein networks. We designed 

microchannel systems that replicate the efficiency of nutrient and signal delivery in these 

biosystems. The inspired designs demonstrated uniform flow and enhanced DNA capture across 

multiple reaction sites. Through in silico optimization, the inspired designs resulted in a robust and 

reproducible multiplexed system suitable for continuous, real-time monitoring across 38–42 

reaction sites. 

6.2 Thesis conclusions  

I. Several studies have highlighted the role of nanomaterials in enhancing electrochemical 

biosensing systems. However, a comprehensive comparative study of DNA hybridization 

kinetics on planar and nanostructured surfaces under identical conditions is lacking. This 

thesis provided an in-depth understanding of electroactive DNA hybridization kinetics on 

these surfaces across a wide range of probe and target concentrations in both buffer and 

complex media. We discovered that nanostructured electrodes yield larger hybridization 

currents at high target concentrations (1 µM) compared to planar electrodes when 
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immobilized with similar probe density. At lower target concentrations (0.01 µM), 

however, the hybridization currents were comparable for both surfaces. Planar electrodes 

exhibited greater sensitivity to changes in probe density due to their limited surface area 

and reduced capacity for probe immobilization.  Furthermore, nanostructured electrodes 

exhibited improved kinetics parameters (Ispan, T1/2, Kd) in complex media, highlighting their 

advantage over planar surfaces. Notably, both planar and nanostructured electrodes 

successfully monitored real-time hybridization directly in complex media such as blood, 

urine, and saliva, with performance trends consistent with those observed in buffer studies. 

II.  Building on the understanding of nanostructured surfaces, we developed a L. pneumophila 

fully integrated electrochemical microfluidic biosensor. We found that in addition to 

integrating different components inside a single microsystem, the microfluidic allowed us 

to study three parameters – Imax, rate of signal increase (slope), and lag time – in real time 

under different conditions. This study revealed that increasing the flow rate from 0 to 100 

µL/min lowered lag time and increased Imax and slope. Surprisingly, lag time increased 

significantly when the flow rate was further increased to 300 µL/min. Consequently, 100 

µL/min was selected as the optimal flow rate. At this flow rate, both Imax and slope 

increased, while lag time decreased due to higher probability of probe-target interactions 

with target concentration. 

III. The kinetics of L. pneumophila detection in the microfluidic system demonstrated that the 

LOD is time-dependent, with real-time monitoring playing a crucial role in achieving the 

desired analytical performance. Specifically, the LOD was calculated as 2.0 × 104 and 4.8 

× 104 CFU/mL at 30 minutes, improving to 1.4 × 103 CFU/mL and 1.9×103 CFU/mL at 

180 minutes in buffer and cooling tower water, respectively. These results indicate that the 
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developed device meets the LOD requirements (> 1000 CFU/mL)[208] set by the Center 

of Disease Control (CDC) for detecting L. pneumophila, with the advantage of being 

significantly faster than the current culture-based tests, taking up to 10 days. 

IV. Nature-inspired designs demonstrated the potential for creating microchannel geometries 

suited for specific functions, such as spinal and leaf vein structures for uniform flow and 

molecular capture. Our findings demonstrate that while studying the velocity vectors at the 

reaction sites to achieve uniform molecules capture provided valuable predictions, they 

alone were insufficient for uniform molecular capture predictions at moderate flowrates 

(10 – 100 µL/min), especially when channel dimensions varied. Additionally, the bio-

inspired designs significantly outperformed the simple branched design, achieving 

stabilization up to 10 times faster under varying flowrate and target concentrations. These 

findings emphasize that nature-inspired geometries are suited for developing uniform 

subchannels tailored for multiplexed detection. 

6.3 Contributions to the field  

Reporting the impact of surface morphology of electroactive DNA hybridization in complex 

media.  

The principle of modifying a nucleic acid probe with redox molecules hybridized to a tethered 

complementary strand on electrode surfaces is a common construct for electrochemical biosensing 

[83, 119, 171, 182]. Typically, the redox molecule is attached on the proximal end of the electrode, 

relying on the proximity of the redox molecules donating electrons to the surface [182]. This class 

of biosensors is mainly used for the detection of pathogens such as DNA, RNA, proteins, ions, and 

small molecules [182]. This construct offers highly selective detection, enabling the detection of 
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complementary strands while distinguishing against strands with single-base mismatches [293]. 

Because the charge transfer depends on the location of the redox molecule, any modifications to 

the electrode surface, such as the addition of nanomaterials, significantly influence charge transfer 

kinetics. Previous studies in this field have employed various techniques to examine these kinetics; 

however, a direct, side-by-side comparison of planar and nanostructured surfaces using SWV in 

complex media was lacking [121, 126, 181]. To address this gap, we conducted a systematic study 

comparing the performance of planar and nanostructured electrodes for real-time DNA 

hybridization monitoring across a range of probe and target concentrations in complex media using 

SWV.  

Our findings reveal that nanostructuring enhances hybridization kinetics at high target 

concentrations and outperforms planar surfaces in all kinetics parameters (Imax, Ispan, T1/2, Kd) in 

complex media. This improved kinetic performance is attributed to lower protein adsorption, 

higher surface area, and the 3D orientation on nanostructured electrodes. These results provide 

valuable insights for the design and optimization of DNA hybridization-based biosensors, 

particularly for applications in biologically relevant media such as urine, blood, and saliva. 

Furthermore, the lower protein adsorption observed on nanostructured surfaces offer potential 

advantages in applications requiring antifouling properties such as antimicrobial surfaces [294].  

Moreover, nanostructured electrodes enhance conductivity, surface area, and chemical reactions, 

offering benefits in various applications such as fuel cells by increasing reaction sites, reducing 

material costs, and improving performance [295].  
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Enabling culture-free detection of L. pneumophila in cooling tower water via real-time 

continuous electrochemical sensing. 

There is a growing interest in the miniaturization and automation of electrochemical biosensors 

for real-time and continuous monitoring [23, 135, 296]. Currently, an inline continuous monitoring 

of bacteria in literature that is wash-free and reagent-free is lacking, which is crucial in human 

health, food, and environmental monitoring. In chapter 4 we aimed to address this gap by 

introducing the L.DNAlzyer, an innovative fully integrated electrochemical microfluidic biosensor 

for the detection of L.pneumophila. The L.DNAlzyer utilizes RCDs as a biorecognition element, 

overcoming the inherent limitations of enzymes and antibodies, such as stability and the need for 

multiple washing steps. Additionally, the L.DNAlzyer demonstrates a LOD sufficient for 

monitoring and surveillance of cooling tower water, offering an alternative to the complex and 

time consuming  bacterial culturing methods currently used in environmental monitoring. This 

system is adaptable for various applications, including multiplexed systems for inline food testing 

and potentially sepsis detection. 

Enhanced DNA Capture in Biomimetic Microfluidic Systems by optimizing fluid flow.  

Multiplexing is a critical metric in determining the success of POC diagnostic devices, as it saves 

times, resources, and ultimately lives. Our work advances the design of multiplexed biosensors by 

demonstrating two biomimetic designs that maintain uniform flow and distribute DNA molecules 

evenly across 38-42 sensing sites. This is significant for real-world applications where cross-

contamination and fluidic crosstalk compromise accuracy, especially in clinical samples [297]. By 

leveraging passive, nature-inspired systems, we simplify the development of multiplexed 

platforms, effectively addressing these challenges and enhancing both reproducibility and 
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throughput. Furthermore, these designs hold great promise for real-time multi-analyte detection, 

making them ideal for applications such as monitoring clinical and environmental samples. They 

can significantly boost the multiplexing capabilities of diagnostic devices, offering new 

opportunities for personalized health monitoring and early disease detection [297].  

6.4 Future work  

Several avenues of improvements can be done in terms of fundamental understanding, variability 

in fabrication and biofunctionalization, device optimization, and multiplexing experimental 

validation.  

Fundamental studies. We investigated planar and nanostructured surfaces under single 

nanostructuring parameters, selected based on common and stable parameters applicable to 

commercially available screen-printed electrodes. However, many studies in the field employ 

different electroplating parameters such as potential, time, and solution concentration in creating 

these nanostructures for biosensing. To enhance the understanding of DNA hybridization-based 

biosensors, it would be valuable to conduct similar studies across a wider range of probe and target 

concentrations, while varying the degree of nanostructures from coarse to extremely fine. This 

could offer more comprehensive outlook into the design and optimization of such biosensors. 

Fabrication and biofunctionalization for multiplexing. In our study, we manually fabricated 

and deposited the biomolecules, but this approach introduces variability due to the manual 

handling of liquids. An automated platform, such as 3D bioprinting, could reduce variability. 

Additionally, the PDMS-to-glass binding was performed manually, which could lead to 

inconsistencies in the coverage of the electrode surface. Introducing the use of a mask aligner or a 

robotic arm would help eliminate variations and ensure more uniform binding. Moreover, to 
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integrate multiplexing capabilities for pathogen detection, the optimization and integration of 

additional biomolecules, such as proteins or small metabolites within the DNAlyzer, further 

modifications are necessary. For protein detection, antibodies or aptamers specific to the target 

protein would need to be integrated into the biofunctionalization process, ensuring strong and 

selective binding. For small metabolites, molecularly imprinted polymers or enzyme-based 

recognition systems could be incorporated, with surface chemistry tailored to promote stable 

binding and enhance sensitivity [116]. These adaptations would enable the system to detect a wider 

range of biomolecules while maintaining high performance and specificity. 

Flow and sample volume optimization: For the L.DNAlzyer system, five different flow rates 

were optimized with a single sample volume to enhance sensitivity. Expanding this analysis to 

explore a broader range of flow rates along with varying sample volumes, may offer opportunities 

to further enhance sensitivity. This could potentially lower the detection limit and decrease the 

time required for signal generation and detection. Additionally, implementing adaptive or dynamic 

flow systems, such as pulsatile or oscillatory flows, could significantly enhance DNA capture 

efficiency by improving diffusion. These flow patterns promote more effective mixing and 

distribution of analytes, helping to overcome diffusion limitations [298]. The resulting increased 

interaction between target DNA and the sensor surface could lead to faster and more efficient 

hybridization, thus improving detection sensitivity and reducing signal generation time.  

Experimental validation and fabrication scaling of the Spine and leaf bio-inspired design: 

Previous studies have shown strong correlations between in silico and experimental results [279, 

281, 299, 300]. Therefore, the next steps should include in situ experiments that integrate the 

optimized bio-inspired designs with the L. pneumophila RCD electrochemical assay for 
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multiplexing.  Such experiments will enable the validation of these designs with respect to cross-

contamination and fluidic crosstalk, ensuring reliable performance in real-world applications. 

Although electrochemical biosensors offer significant advantages in miniaturization compared to 

other transduction methods such as optical or magnetic sensors, scaling up the production of bio-

inspired designs presents challenges, including fabrication complexity, material durability, and the 

integration of miniaturized electronics [301]. These obstacles can be addressed through high-

precision automated fabrication techniques (e.g., soft lithography or injection molding), the use of 

scalable materials like cyclic olefin copolymers or glass, and the incorporation of flexible, printed 

electronics for cost-effective, large-scale manufacturing [301].  
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Chapter 7 Appendix   

Step-by-Step Protocol for L.DNAlyzer Optimization Process and Quality Control. 

Device configurations and geometry.  

Á Design multiple two- and three-electrode configurations for testing. 

Á Determine electrode size and spacing based on the craft cutter resolution (200 µm). 

Á Account for manual alignment tolerance during glass-to-PDMS bonding. 

Á Design the working electrodes with sharp edges (eg. star shape) to enhance nanostructuring. 

Á Design the counter electrode to be at least 5x the surface area of the working electrode and 

adequately distanced (at least 100 µm) from all the working electrodes. 

Á Design a simple single straight PDMS microfluidic channel for initial testing. 

Á Design a complementary capture probe and methylene blue-labeled barcode for baseline 

stability (0.0 to -0.2 µA) and redox signal generation testing (methylene blue peak in the 

L.DNAlyzer is observed between -0.1 V to -0.3 V). 

Probe optimization: 

Á Test multiple concentrations (1-10 µM) and volumes (0.1- 0.3 µL/electrode) of reduced thiol-

modified capture probes on the working electrode surface. 

Á Optimize the concentrations (10-100 µM) and incubation times (10-120 minutes) of 

mercaptohexanol (MCH) to achieve antifouling properties and proper reorientation of the 

capture probe. 

Á Select the optimal conditions for the electrochemical assay.  
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Signal testing. 

Á Perform square wave voltammetry (SWV) from 0 V to -0.6 V continuously to observe the 

redox reaction of methylene blue (-0.1 V to -0.3 V)  over time under different frequencies 

(20-300 Hz) with a 25 mV amplitude to test signal baseline (as described in Chapter 4), 

magnitude, and linearity of all configurations. 

Á Select the best device configuration.  

Á Regularly test the electrochemical baseline pre-target. 

Á Maintain consistent baseline responses across batches. 

Á Discard devices that do not meet the pre-determined requirement (consistent pre-target 

baseline (0 to -0.2 µA) without apparent peaks).  

Signal amplification  

Á Optimize nanostructuring by adjusting chronoamperometry potential, time, and solution 

concentration. 

Á Ensure an acceptable signal-to-noise ratio (can detect 1-10 nM of barcode within 1 hour). 

Á Measure the active surface area in all the fabricated devices to ensure reproducibility.  

Á Perform cyclic voltammetry scans in 2.0 mM potassium hexacyanoferrate (II) and 2.0 mM 

potassium ferrocyanide with a potential range from 0.0 V to 0.4 V at a scan rate of 50 mV s–

1.  on: 

o Bare electrodes. 

o Post-probe immobilization. 

o Post-MCH immobilization. 
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Á Exclude electrodes failing to meet acceptable parameters. 

Á Mitigate batch variability by preparing bulk solutions (all washing and readout buffers) and 

aliquoting (probe, target, MCH, EDC/NHS). 

Microfluidic channel design  

Á Use a curved serpentine design for the biorecognition zone to prevent flow stagnation. 

Á Implement a gradual expansion zone for detection to minimize dead zones. 

Á Separate the biorecognition and detection zones to prevent cross-contamination. 

Channel fabrication protocol  

Á Draw the final channel design in AutoCAD. 

Á Rinse a polystyrene sheet with ethanol, 2-propanol, and water. 

Á Slowly apply a vinyl sheet to prevent bubble formation. 

Á Cut the desired design using a craft cutter at a reasonable force (e.g., 10–13 for vinyl) that 

does not damage the blade (calibrate the blade regularly and visually monitor its integrity 

under a magnifying glass or 1× magnification). 

Á Peel off the surrounding vinyl layer. 

Á Glue the design into a petri dish using double-sided tape. 

Á Use an air gun to remove any debris introduced during fabrication. 

Á Cut 1 cm sections of microfluidic tubing and glue them to the inlet and outlet, ensuring 

minimal glue use to prevent clogging. 
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PDMS preparation. 

Á Mix crosslinker and polymer in a 1:10 ratio. 

Á Desiccate the mixture at 0.1 psi for 1 hour. 

Á Pour the mixture into the petri dish and desiccate again at 0.1 psi for 1 hour. 

Á Incubate at 40°C overnight for polymerization. 

Electrode fabrication protocol.  

Á Draw the electrode design in AutoCAD. 

Á Sonicate glass slides in acetone, ethanol, and 2-propanol for 30 minutes each. 

Á Dry the slides using an air gun. 

Á Place glass slides on the craft cutter sheet. 

Á Use protective slides (on the sides of the cleaned slides) to prevent blade damage. 

Á Apply a vinyl sheet slowly to avoid bubble formation. 

Á Load the craft cutter sheet horizontally to ensure cutting consistency, add holders if necessary 

to keep it leveled.  

Á Cut the desired design and peel off the patterned layer. 

Sputtering. 

Á Clean the sputtering equipment with 2-propanol and scrape any left debris.  

Á Ensure the chromium and gold target are intact and free of holes.  

Á Sputter 30 nm of chromium at a rate of 0.3 Å/s for gold adhesion. 

Á Sputter 100 nm of gold at a rate of 0.4 Å/s for the working, counter, and reference electrodes. 
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Flow rate optimization. 

Á Experiment with multiple flow rates to balance convection and diffusion. 

Peristaltic pump:  

1)  Wash the peristaltic pump tubes by introducing ethanol and deionized water for 5 

minutes at 500 µL/min before and after use. 

2) Calibrate the pump before each use. 

3) Replace the tubes when visible wear and tear are observed. 

Á Conduct kinetics experiments at 2-6 minutes intervals to optimize hybridization or binding 

times and minimize nonspecific interactions. 

Á Record metrics (signal magnitude, lag time, slope of the linear region, and saturation time) 

through kinetics experiments to determine the ideal flow rate. 

Beads biofunctionalization: 

Á Optimize the operating pH for bead-DNAzyme conjugation (EDC/NHS-mediated reaction 

with amine groups) by testing a pH range of 3-7. For the L.DNAlyzer, a pH of 5.5 is optimal 

for conjugation and preserving bead integrity (lower pH causes bead aggregation, and higher 

pH results in poor conjugation) 

Á Select the optimal pH for the EDC/NHS-mediated reaction with amine groups. 

Á Ensure consistent optimal pH for bead-DNAzyme conjugation by preparing EDC/NHS 

solution in bulk and aliquoting it for storage at -20°C for up to 6 months. 

Á Test the supernatant of the bead-DNAzyme solution after the overnight incubation for free 

DNAzyme. This can be done by incubating the supernatant on working electrodes 

(functionalized with complementary capture probes) and recording the SWV to observe the 
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methylene blue redox reaction. The solution should not generate an electrochemical signal 

within 1 hour of incubation. 

Target signal reproducibility: 

Á Record multiple or continuous measurements per sample. 

Á Calculate standard deviations and coefficients of variation among triplicates and across 

devices. 

By adhering to this detailed protocol, the L.DNAlyzer optimization process ensures reproducibility 

and robust quality control across all stages of development and operation. 

 

 


