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Introduction 

There is a growing concern over the high incidence of fatal accidents and 

occupational diseases faced by industrial workers, which result in serious social 

and economic impacts. Research from the National Institute for Occupational 

Safety and Health points to a primary cause: prolonged exposure to toxic 

substances, such as dust particles, gases and chemicals commonly found in 

industrial settings. Although they can help, preventive measures like wearing 

protective masks and getting annual checkups don't allow for real-time health 

monitoring [1]. 

Research indicates that exposure to these agents is associated with severe health 

impacts on humans including cancer, neurodegenerative disorders such as 

Parkinson and Alzheimer diseases, respiratory diseases and genetic modification 

[2]. The third most common occupational disease is respiratory, such as lung 

cancer, asthma and Chronic Obstructive Pulmonary disease (COPD) [3]. 

Oxidative stress plays a key role in the development of these diseases. This is a 

pathological condition where there is production of Reactive Oxygen Species 

(ROS) over the capacity of antioxidant systems to neutralize their damaging 

effects. This imbalance has significant consequences to normal cell physiology 

and tissue function. Therefore, evaluation of oxidative stress is an important part 

of clinical diagnosis and treatment strategies [4].  

The traditional methods for evaluating oxidative stress often lack the temporal 

resolution needed to capture dynamic changes in ROS levels. Real-time 

monitoring represents a significant advancement, enhancing prevention and 

disease progression, treatment efficacy and physiological responses to various 

factors [5].  

Recently, advancements in both academia and industry have occurred in the 

development of smart wearable devices for health monitoring. The innovative 

approaches are largely motivated by the advances made in micro and nano 

technologies, as well as device miniaturization. In this context, these wearable 
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systems could be incorporated into existing PPE (Personal Protective Equipment) 

to monitor workers’ physiological conditions in real time. These contributions are 

also gradually changing the concept of healthcare by enabling self-continuous 

monitoring of a patient's health status that aligns with personalized medicine 

approaches [6]. 

Electrochemical sensors have gained attention as a valuable alternative to 

traditional detection methods, offering high sensitivity, strong selectivity, quick 

response times, ease of use, lower costs and the ability to provide continuous 

measurements. They are also attractive due to the potential for miniaturization, 

enabling the production of low-cost, disposable, flexible, wearable, or even 

implantable devices [7]. 

This thesis is structured into six chapters, each of which contributes to developing 

the main topic of this research. The organization is as follows: 

• Chapter 1 - Electrochemical Sensors: An Overview 

This chapter describes the classification and highlights of electrochemical 

sensors, with specific consideration given to wearable sensors. It provides an 

overview of the different types of electrochemical sensors and their applications 

in various contexts. 

• Chapter 2 - Materials Used in Electrochemical Sensors Fabrication 

This chapter examines the properties, and the performance of materials used to 

fabricate the electrochemical sensors in this research work. 

• Chapter 3 - Fabrication and Validation of an Electrochemical Sensor 

for Hydrogen Peroxide Detection in Exhaled Breath 

This chapter is about the fabrication and validation of an electrochemical sensor 

designed to be integrated into a face mask for detecting hydrogen peroxide, a key 

biomarker of oxidative stress, in exhaled breath. 

• Chapter 4 - Fabrication and Validation of a Wearable Microfluidic 

Sensor for Uric Acid, Chlorides and Glucose Detection in Sweat 
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This chapter covers the fabrication and validation of a multi-analyte wearable 

sensor for detecting other three oxidative stress biomarkers - uric acid, chlorides 

and glucose - in sweat by employing a microfluidic system. This sensor was 

developed at the Institute of Microelectronics in Barcelona, under the supervision 

of Dr. César Fernández-Sánchez and Dr. Manuel Gutiérrez-Capitán. 

• Chapter 5 - A Personalized Medicine Supply Chain Model for 

Respiratory Diseases in the context of Healthcare 4.0 

This chapter examines how electrochemical sensors could be integrated into 

healthcare systems, focusing on their potential to improve prevention methods 

and reduce delays in disease diagnosis. It includes a cost-effectiveness evaluation 

of an innovative personalized self-testing approach for respiratory pathologies, 

based on the electrochemical sensor discussed in Chapter 3. 

• Chapter 6 - Conclusions and Future Perspectives 

The final chapter summarizes the key findings and contributions of this research, 

discussing the implications of the work and suggesting potential future research 

directions. 
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1. Electrochemical Sensors: An Overview 

1.1 Introduction to Electrochemical Sensors 

Due to their high sensitivity, selectivity and ability in real-time detection of 

various chemical and biological substances, electrochemical sensors have become 

essential tools in modern technology. Their applications span across medical 

diagnostics, environmental monitoring and food safety. As technology advances, 

further improvements in electrochemical sensors are enhancing their performance 

and creating new opportunities for on-site detection and analysis. 

1.1.1 Definition and Fundamental Principles 

According to IUPAC, a chemical sensor is a device that converts chemical 

information, such as the concentration of a specific component or a whole 

composition analysis, in an analytically useful signal. Generally, the receptor and 

transducer are the key components of chemical sensors. The receptor interacts 

with the target analyte and gives out chemical data which can be measured by the 

transducer, designed to convert it into an output signal (Fig. 1.1). Sensors have to 

guarantee high specificity for the target analyte, even in the presence of other 

potentially interfering substances. When the receptor in a sensor is of biological 

origin, such as DNA, antibodies, or enzymes, the sensor is known as a biosensor 

[1]. 

 

 

Figure 1.1: Schematic diagram illustrating the major components of a sensor. 
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An electrochemical sensor is a specific kind of chemical sensor that uses an 

electrode as its transducer. This electrode is responsible for sensing changes in 

the environment caused by the presence of an analyte and producing an electrical 

signal that corresponds to those changes. Due to their capacity to selectively 

detect specific analytes, they are the most used kind of sensor. However, this 

selectivity depends on the type of electrode materials and/or bioreceptors that 

have been attached to it. When the target analyte interacts with these materials or 

receptors, the response can be converted into a measurable signal that indicates 

the analyte concentration. Fig. 1.2 shows the three electrodes of an 

electrochemical sensor: the "working electrode" (WE), the "counter electrode" 

(CE), and the "reference electrode" (RE). The electrochemical reaction takes 

place at the WE, the CE completes the circuit (current flows between the WE and 

the CE), allowing for continuous electron flow, while the RE is used to measure 

the cell potential relative to the WE [2]. 

These electrodes are connected to an electrochemical workstation, which can be 

either a laboratory instrument or a portable field device with an integrated power 

source. The workstation provides excitation signals and measures the response 

signals from the electrode setup. The system interfaces with a computer equipped 

with software specifically designed for data interpretation and analysis [3].  

Electrochemical redox reactions involve several processes, such as changes in 

electrolyte resistance, the adsorption of redox probes, charge transfer at the 

electrode surface and mass transfer toward the electrode. In this context, WE 

serves as a site where the analyte and probe are bound, functioning simultaneously 

as a transducer that produces electrical signals. The counter electrode (CE) 

establishes a continuum with the electrolyte solution, completing the electrical 

circuit. The electrolyte facilitates the dissolution of reactants and products, 

ensuring effective electrochemical contact between the WE, CE and the RE. 
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When the analyte is detected, the electrochemical sensor generates a current or a 

voltage proportional to the catalyst concentration, allowing for the measurement 

of the analyte's presence and concentration [4]. 

 

 

Figure 1.2: Schematic diagram of the electrochemical sensor. 

 

Detection of chemical substances at micro- and nanoscales can be challenging due 

to interference from other substances that affect signal accuracy. To address these 

limitations, working electrodes can be modified with materials that improve their 

sensitivity and selectivity. Nanostructured materials, such as nanoparticles (NPs), 

nanocomposites, nanocarbons, and conductive polymers are particularly effective 

in enhancing electrode performance. Notably, metallic NPs are recognized for 

their exceptional physicochemical and biological properties, making them 

valuable in a range of applications, including biomedical fields, catalysis, 

optoelectronics and imaging  [5]. 

 

1.1.2 Advantages and Disadvantages of Electrochemical Sensors 

A range of analytical techniques is utilized for chemical analysis, such as High-

Performance Liquid Chromatography (HPLC), Inductively Coupled Plasma Mass 

Spectrometry (ICP-MS), spectrofluorimetry, Gas Chromatography/Mass 
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Spectrometry (GC/MS), Gas Chromatography (GC), capillary electrophoresis, 

chemiluminescence and Atomic Absorption Spectrometry (AAS). Although these 

methods are highly effective, they tend to be costly, necessitate advanced 

instrumentation and specialized personnel and often require time-consuming 

pretreatment steps, which can restrict their practical use. 

In contrast, electrochemical sensing offers a promising alternative with 

advantages such as their potential for miniaturization, cost-effective fabrication, 

rapid response times, ease to use and the possibility of portable and wearable 

measurement devices [2]. 

Ideally, an electrochemical sensor can be brought into contact with a sample and 

provide results within a few seconds. This efficiency involves several benefits: 

• No Sampling Errors: the direct contact with the sample eliminates errors 

associated with sampling. 

• No Sample Pre-Treatment: the absence of pre-treatment steps, such as 

dilution, avoids errors associated with these processes. 

• Real-Time Analysis: the results are available immediately. 

Many sensing heads are designed to be cost-effective enough to be disposable 

after use. Their small size provides high spatial flexibility, making them easily 

transportable by users or in vehicles. 

However, there are notable disadvantages: 

• Matrix Specificity: most sensors are adapted for specific sample matrices and 

may fail if the matrix changes. 

• Narrow Analytical Range: sensors often have limited analytical ranges [6]. 

 

1.1.3 Electrochemical sensors feature 

Even though sensor requirements are largely determined by its specific use, 

several standard characteristics are generally relevant for all sensor applications, 

such as: 

- high selectivity; 
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- signal proportional to the analyte concentration; 

- high sensitivity; 

- low detection limits; 

- fast response times; 

- minimal memory effects; 

- reusability; 

- compact size; 

- ease of use. 

To calibrate a sensor, standard solutions of the analyte are typically added and the 

dependence of Steady State Responses on the concentration of analyte is plotted. 

Each sensor has its characteristic curve (Fig. 1.3), known as the calibration curve, 

which is the relationship of the measured signal (output) and the value of the 

concentration of the analyte (input). 

 

 
Figure 1.3: Calibration curve of a sensor exposed to increasing concentrations of an analyte 

[7]. 

 

From the calibration curve, two basic characteristics of sensor performance can 

be derived: the sensitivity and the linear concentration range. 

The sensitivity is the ratio of the change in the output signal (ΔU) to the change 

in the input signal (ΔI) in a steady state of sensor. It means that if a sensor is more 

sensitive, the change in the output voltage for the specified input voltage will be 
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large as compared to the case of a sensor that is less sensitive. From a 

mathematical point of view, the sensitivity represents the slope of the calibration 

curve.  

The linear concentration range generally refers to the range over which a change 

in concentration results in a corresponding linear change in the sensor's signal [8]. 

The Limit Of Detection (LOD) is expressed in concentration units and, according 

to the IUPAC, refers to the concentration from which a device can reliably 

distinguish an analyte signal from the blank. A signal is considered indicative 

when, upon injecting a minimal amount of analyte, it results in a signal (S - SB) 

that is at least three times greater than the background noise (B): 

|𝑆 −  𝑆𝐵| ≥ 3𝜎𝐵 ,  (1.1) 

From this, the LOD can be calculated using: 

𝐿𝑂𝐷 = 3 ∗
𝑆𝐵

𝑆
,  (1.2) 

,where S represents the sensitivity and SB denotes the background signal (blank). 

The Limit of Quantification (LOQ) refers to the lowest concentration of an analyte 

that can be accurately and precisely measured [9]. 

The selectivity is defined as the sensor's capacity to detect only the concentration 

of the target analyte while reducing interference from other substances present in 

the solution. When interfering species are present in the sample matrix, they can 

produce electrical responses that overlap with the response from the target analyte 

[10]. 

The accuracy indicates how close the result obtained from the measurement is to 

the correct result. This parameter is calculated by comparative tests with 

instruments of known accuracy according to the formula: 

𝜀𝑎(%) = 100 
𝑋𝑚−𝑋𝑣

𝑋𝑣
,  (1.3) 

where 𝑋𝑣 represents the true value of the unknown quantity 𝑋 and 𝑋𝑚 is the 

measured value. A higher 𝜀𝑎 indicates lower accuracy. 
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The reproducibility refers to how consistent the sensor's responses are when the 

same tests are repeated over a designated time period. The steady-state response 

time is defined as the duration required for the sensor to reach 90% of its final 

stable output after the analyte is introduced to the electrochemical cell. In contrast, 

the response time indicates how long it takes for the output signal's first derivative 

(dR/dt) to hit its maximum value after the analyte is added. 

The lifetime of a sensor is measured by the time it takes for its sensitivity to 

decrease by a factor of 10 or to be reduced to half of its initial value [6]. 

 

1.1.4 Fields of Application 

In a fast-paced world, the real-time capabilities of electrochemical sensors have 

expanded their applications (Fig. 1.4). Clinical tests can now be completed within 

minutes with high precision and reliability, offering immediate feedback to 

medical professionals. Increasingly, such tests using sensors and probes are 

replacing traditional clinical assays that take several hours or even days to yield 

results.  

 

 

Figure 1.4: Application fields of electrochemical sensors. 

 

The largest field of application for sensors is undoubtedly biomedical sciences. In 

the last decades, healthcare has moved away from just diagnosing diseases once 
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they appear. Now, there’s a greater focus on preventing diseases before symptoms 

even show up. Modern sensors can detect key biological markers like DNA, 

glucose, and cholesterol. They’re commonly used in quick tests at the point of 

care and for spotting infections in patient samples, providing fast and reliable 

results that make a real difference in patient care and health management. Efforts 

are underway to develop devices capable of automatically recording these results 

using computerized data logging and output systems. The integration of 

electrochemical sensors into healthcare has significantly advanced diagnostics, 

monitoring, and treatment [6]. Chen et al. [11] fabricated a non-enzymatic 

electrode strip for rapid detection of uric acid in blood. Uric acid, a significant 

nitrogenous waste product in urine, results from purine metabolism in the human 

body and it is associated with various clinical disorders. Elevated UA levels in 

the blood, known as hyperuricemia or Lesch-Nyhan syndrome, are linked to 

conditions such as gout, increased alcohol intake, obesity, diabetes, high 

cholesterol, hypertension, kidney disease, and heart disease. Epidemiological 

research also indicates that high serum UA may be a risk factor for cardiovascular 

disease. Consequently, monitoring UA levels in human physiological fluids is 

crucial for diagnosing patients with disorders related to disrupted purine 

metabolism. 

Electrochemical sensors are extensively employed even in monitoring 

environmental conditions due to their impressive sensitivity and selectivity, along 

with low power requirements and real-time data collection capabilities. Unlike 

traditional techniques that involve transporting samples to labs, these sensors can 

be installed directly in groundwater to measure various parameters, including pH, 

chloride, sulfate, uranium, organic contaminants, herbicides and tracer 

substances. Their use is crucial for enhancing and protecting the quality of air, 

water, and soil, thereby contributing to ecosystem preservation and public health. 

Zhao et al. [12] fabricated a bismuth film/carboxylic acid functionalized multi-

walled carbon nanotubes-β-cyclodextrin-Nafion nanocomposite modified glassy 
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carbon electrode (Bi/CMWCNTs-β-CD-Nafion/GCE) for the sensitive detection 

of cadmium (Cd II) and lead (Pb II) using square wave anodic stripping 

voltammetry (SWASV). Cadmium (Cd2+) and lead (Pb2+) are well-known for 

their toxic effects on living organisms due to their persistent toxicity. These heavy 

metals, which primarily originate from industrial emissions, pose a significant 

threat to human health and remain prevalent in soil. Heavy metals in soil can enter 

the food chain and accumulate in the human body, leading to various health 

issues. Consequently, monitoring trace levels of these heavy metals in soil is of 

great concern. 

In the food industry, electrochemical sensors are employed to detect pollutants 

such as bacteria, heavy metals, and pesticides in food samples. They are also used 

for allergen detection to ensure food safety and to monitor the quality and 

freshness of food products. Additionally, these sensors are valuable for measuring 

drug concentrations in biological samples, which is essential for understanding 

drug absorption, distribution, metabolism, and excretion [13]. Mustafa et al. [14] 

developed a sensor using a carbon-paste electrode modified with multi-walled 

carbon nanotubes (MWCNTs) to measure sulfite levels in various beverage 

samples through differential pulse voltammetry (DPV) and amperometry. Sulfite 

(𝑆𝑂3
2−) is well-known for its strong reducing properties and has been used 

extensively as a food additive for many years. Its primary function in the food 

industry is to prevent oxidative degradation and inhibit bacterial growth in foods 

and beverages, thereby extending their shelf life. Common products containing 

sulfites include wine, both alcoholic and non-alcoholic beers, cider, as well as 

bottled juices and concentrates. The Food and Drug Administration (FDA) 

mandates that any food or beverage containing sulfites at concentrations of 10.0 

ppm or higher must carry a caution label. Excessive exposure to sulfites may lead 

to symptoms such as headaches, nausea, and asthma. Consequently, it is crucial 

to use electrochemical sensors for accurate and reliable quantification of sulfite 
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levels in food and beverages to ensure safety and compliance with regulatory 

standards. 

In biotechnology, sensors are increasingly being utilized to meet stringent 

requirements for sterilization and long-term stability. Sensors designed for 

monitoring parameters such as oxygen, carbon dioxide, ammonia, hydrogen 

sulfide, glucose, and penicillin are indicative of a trend toward creating 

specialized sensors specific to the needs of biotechnologists [6].  

In the energy sector, electrochemical sensors monitor the efficiency of batteries 

and fuel cells. They are also used to detect gas leaks in hydrogen storage and fuel 

cell systems [13].  

 

1.2 Electrochemical Sensors Classification 

According to the type of measurements, electrochemical sensors can be classified 

into the following categories: 

- POTENTIOMETRIC: they measure the potential difference between the working 

electrode and reference electrode in the absence of current flow [15]. The Ion-

Selective Electrode (ISE) for pH measurement is one of the most well-known and 

widely used sensors. Its popularity arises from its simplicity, affordability, and 

effectiveness in various practical applications. This sensor consists of a 

membrane that separates an internal solution with a known and constant 

concentration of the analyte from the sample solution. The analytical signal is 

generated based on the charge separation created by ions of the analyte binding 

to both sides of the membrane through ion exchange, complexation, or other 

mechanisms [16]. 

- CONDUCTOMETRIC: these electrochemical sensors measure the ability of the 

working electrode to conduct an electrical current. In conductometric detection, 

variations in the concentration of ionic species result in changes in electrical 

conductivity [15]. 
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- VOLTAMETRIC/AMPEROMETRIC: voltametric sensors measure the current 

as a function of the applied potential. During measurement, the potential is varied 

either incrementally or continuously to produce a voltammogram. An example of 

voltametric sensors are microelectrodes, which are highly versatile due to their 

small size. This size results in low interfacial capacitance, minimal ohmic drop, 

and relatively fast mass transport. Consequently, these sensors have a wide range 

of applications: they are used to determine trace elements (such as As, Cd, Cu, 

Hg, Pb, Zn) in natural waters and alcoholic beverages, measure substances of 

biological interest (like dopamine, ascorbic acid, and oxygen) in individual cells 

or tissues, and monitor chemical or electrochemical processes, including 

corrosion events [17]. 

In a similar way, amperometric sensors measure the current response at a constant 

potential. Because amperometric sensors operate at specific potentials suited for 

the analyte of interest, they provide sensitive and selective measurements [15]. In 

controlled-potential experiments, a supporting electrolyte is crucial. It helps to 

mitigate electromigration effects by lowering the solution's resistance and keeping 

the ionic strength constant [1]. Among the most well-known and widely used 

amperometric sensors are the Clark cell and the blood glucose meter. The Clark 

cell measures dissolved oxygen in water and can also determine temperature, pH, 

and conductivity [18]. 

- IMPEDIMETRIC: they measure resistance, capacitance, and inductance using a 

small magnitude alternating potential to the cell and observing how the system 

responds when it reaches a steady state [1]. 

 

1.3 Electrochemical techniques 

Electrochemical techniques can be classified according to different electrical 

signals into several types. In most of these techniques, either the current or the 

potential is controlled while measuring the change in the other parameter [3]. In 
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the following paragraphs, the main electrochemical techniques used in this 

research work are explained. 

 

1.3.1 Voltammetry 

Voltammetry is an analytical technique that measures the current flowing through 

an electrode immersed in a solution containing electroactive chemical species 

(i.e., species that can be oxidized or reduced) when subjected to a change in 

potential. This technique is highly versatile and plays a crucial role in research, 

enabling studies on various aspects of electrochemical reactions. The application 

of different voltametric methods is fundamental for understanding the principles 

governing electrochemical phenomena. Among its many uses, one of the most 

significant and widespread applications of voltammetry is the quantitative 

analysis of chemical species in solution that can be oxidized or reduced, even at 

low concentration levels (ppb or sub µM). In particular, the peak potential is 

defined as the maximum point of the peak, which typically does not deviate 

significantly from the standard potential of the redox pair. This parameter is used 

to qualitatively characterize a redox pair and to identify its presence in the 

solution. In contrast, the peak current is the height of the peak, and this current is 

proportional to the concentration of the electroactive species in the solution. 

Therefore, the peak current act as the voltammetric parameter for quantitative 

analysis [19]. 

The most common voltammetric techniques are the following: 

- CYCLIC VOLTAMMETRY: it is a widely employed technique for obtaining 

detailed information on redox potentials and for investigating the mechanisms 

and kinetic parameters of reactions involving electroactive analyte solutions. In 

CV, the voltage is swept from an initial value (E1) to a predetermined value (E2) 

and then returns to its starting point (Fig. 1.5). The scan rate, defined as (E2 - E1) 

/ (t2 - t1), is a crucial parameter, as varying the scan rate can lead to different 

results. During the experiment, the current between the working and counter 
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electrodes is monitored, while changes in the working electrode’s potential are 

controlled by the reference electrode. The resulting voltammograms are generated 

by plotting the current versus potential.  

 

 

Figure 1.5: Potential waveforms and corresponding CV [20]. 

 

As the potential increases towards the analyte’s electrochemical reduction 

potential, the current rises. As the voltage continues to increase towards E2, the 

current eventually peaks and then decreases, reflecting a reduction in analyte 

concentration near the electrode surface due to excessive oxidation potential. 

When the voltage returns to E1, the reaction starts to reoxidize the product formed 

during the initial scan. This causes the current to increase in the opposite direction 

before decreasing again as the voltage scan proceeds towards E1. This reverse 

scan provides valuable information about reaction reversibility at a specific scan 

rate. The shape of the voltammogram for a known species is significantly 

influenced by the sweep rate and the changes in the electrode surface after each 

deposition step. Additionally, the presence of a catalyst and its concentration play 

a crucial role in determining the voltammogram's profile, with current levels 
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increasing with higher concentrations of a specific enzyme at a given scan rate 

compared to conditions without catalysis [21]. 

- LINEAR SWEEP VOLTAMMETRY: the potential of the working electrode is 

varied linearly over time. It begins at a potential where no electrode reaction 

occurs and then shifts to potentials where the analyte undergoes reduction (more 

negative values) or oxidation (more positive values). Throughout the experiment, 

the current is recorded, and the resulting current-potential curve (Fig. 1.6).  

 

 

Figure 1.6: Potential waveforms and corresponding LSV [20]. 

 

When the electrode potential is within a range where no charge transfer occurs, 

only a small capacitive current is recorded due to the potential change affecting 

the orientation of ions and molecules near the electrode surface. Thus, the 

electrode-solution interface behaves like a capacitor. As the potential reaches the 

region where the electrochemical reaction takes place, a faradic current is 

recorded, which increases sharply until it peaks and then decreases steadily. This 

peak shape results from the competition between the increasing rate of electron 

transfer as the potential becomes more favourable and the growing thickness of 

the diffusion layer due to the progressive depletion of the depolarizer at increasing 
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distances from the electrode surface. The increasing rate of electron transfer 

dominates in the rising portion of the peak, while depolarizer depletion prevails 

in the descending branch. Consequently, the peak current is observed at a potential 

where these opposing effects balance, meaning the analyte concentration at the 

electrode surface has not yet reached zero [20]. 

- PULSE VOLTAMMETRIC TECHNIQUES: these techniques involve 

applying pulses of varying potential and measuring the current response over 

time. The use of pulses enhances sensitivity because it allows for more 

effective differentiation between capacitive and faradaic currents. During a 

pulse, capacitive currents typically decrease more rapidly than faradaic 

currents. By measuring the current at the end of the pulse, where capacitive 

effects have reduced, these techniques achieve improved sensitivity compared 

to continuous potential sweeps [20].  

 

1.3.2 Chronoamperometry 

Chronoamperometry is a controlled potential technique where the current is 

recorded as a function of time (Fig. 1.7). As a result of the electrochemical 

reaction at the electrode surface, a significant current flows, which is proportional 

to the concentration gradient of the analyte at the electrode. This approach is used 

to detect a single component from a mixture of electrochemically reducible 

species due to the fixed potential of the working electrode [3]. Changes in the 

current appear in response to rises or decreases in the diffuse layers of the analyte 

at the surface of the working electrode. By applying an appropriate potential to 

the system, the local concentration of the analyte at the surface of the electrode 

drops to zero. Under these conditions, a concentration gradient is generated that 

provides analyte transfer through diffusion from a higher concentration section 

(bulk solution) to the electrode surface [21]. 

 



 

27 

 

 

Figure 1.7: Current vs Time graph for chronoamperometric signal [13]. 

 

 

1.4 Wearable electrochemical sensors 

1.4.1 Smart Devices: Applications 

Digital telemedicine solutions are progressively integrating into our everyday 

lives via commercial wearable gadgets that facilitate noninvasive remote health 

monitoring. There has been considerable enthusiasm surrounding the 

development of telemedicine wearable systems, thanks to their ability to collect 

data on physiological and biochemical parameters in real time without invasive 

procedures. The main objective of improving these telemedicine wearables is to 

support early disease detection and minimize the expenses linked to advanced and 

invasive treatment options. These wearable technologies are crucial for 

personalized medicine as they can collect data from the human body in real time 

and provide meaningful health information for preventive care. Advancements in 

nanotechnology and multifunctional materials have significantly improved 

flexible electronics for remote, personalized healthcare. Despite these 

advancements, several challenges persist, including limitations in monitored 

biometric data, the reliability, selectivity, and specificity of sensing materials, and 

issues related to device ergonomics and miniaturization to enhance user-

friendliness. Significant efforts are being made to develop miniaturized epidermal 
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skin sensors capable of detecting important biomarkers, thus advancing 

personalized healthcare management with real-time clinical feedback [22], [23]. 

Recently, advanced telemedicine tools have emerged, creating new possibilities 

in the medical field. The advancement of flexible electronics with substantial data 

storage capacity has significantly improved telemedicine, positioning it as a 

valuable technology for remote medical consultations and real-time monitoring 

of vital signs. Telemedicine, as a decentralized healthcare solution, presents an 

effective strategy for early intervention in disease progression, helping to prevent 

chronic conditions and lower mortality rates through enhanced detection of health 

risks [22]. Fig. 1.8 illustrates a remote health monitoring system based on 

wearable sensors. 

 

 

Figure 1.8: A schematic diagram illustrating a remote health monitoring system based on 

wearable sensors [23]. 

 

 

Research and development of smart devices are increasingly gaining attention in 

both academic and industrial fields. With the global population aging, the elderly 

face heightened levels of disability due to increased needs for care and assistance. 

Many elderly individuals would prefer to stay in their own homes rather than 

move to expensive care facilities. Currently, only 2 to 5% of elderly people reside 

in nursing homes. According to data from 30 OECD countries, healthcare 
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expenditures as a percentage of gross domestic product (GDP) are at 

unprecedented levels, partly due to increased costs and economic slowdowns. For 

instance, France spent 11.8% of its GDP on healthcare in 2009, ranking just 

behind the USA, Germany, Canada, Switzerland, and Austria [24]. Telehealth and 

telemedicine are emerging models addressing these healthcare challenges, with 

numerous laboratory prototypes and industrial products already developed. 

Telehealth equipment serves as a vital tool for managing long-term conditions 

within the community, enabling the monitoring of patients. This approach for 

monitoring vital signs aims to reduce the number of hospital admissions by using 

home-based devices to observe health trends and send alerts if certain predefined 

limits are exceeded. Patients learn how to operate these devices, which assess 

daily physiological metrics such as blood pressure, oxygen levels, heart rate, lung 

function, body temperature, ECG and blood glucose levels from their homes. The 

data collected by these telehealth tools is relayed through telephone lines to an 

online portal that can be accessed by healthcare professionals. Alarms can be 

triggered when abnormalities are detected by the telehealth equipment. For 

instance, persistent tachycardia or hypoxia might prompt a telephone call or home 

visit from the hospital staff. The responses to these alarms follow predefined 

protocols, which should be established in advance in consultation with the patient. 

Early intervention through such measures could help alleviate the burden on 

emergency services and potentially prevent hospital admissions [25]. Andreoni et 

al. [26] designed a T-shirt and belts equipped with embedded textile electrodes 

for monitoring electrocardiogram (ECG) and heart rate. The T-shirt and belts 

proved to be comfortable, effectively detecting, recording, and processing signals, 

which led to the successful generation of alarms when necessary. Yoon et al. [27] 

developed a skin-attachable piezoelectric pressure sensor and demonstrated its 

effectiveness in estimating heart rate by sensing pulse waves in the human artery. 

This flexible piezoelectric generator captures energy from the arterial pulsations 

at the wrist without the need for invasive methods, providing improved comfort 
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for users due to its enhanced flexibility. Bachlin et al. [28] introduced a wearable 

device designed for Parkinson's Disease (PD) patients with the Freezing of Gait 

(FOG). This system employs acceleration sensors placed on the body to track and 

analyze the movements of the patient. It automatically detects FOG by analyzing 

the frequency components of these movements. Upon detecting FOG, the 

assistant emits a rhythmic auditory signal to prompt the patient to resume walking. 

Another important application of these systems is the safety at work. The workers 

face challenges at work like accidents and occupational diseases which directly 

affect the survival of workers and their families. From the report of the 

International Labour Organization (ILO), it was found that approximately 2.78 

million people have died due to workplace injury or occupational diseases and 

374 million people have suffered from non-fatal injuries. Accidents in the 

workplace have the consequence not only of a damaging company brand to the 

public; it is also linked to substantial expenditure in human resource, the loss in 

profit, legal costs, medical insurance premiums and the cost of training new staff 

to compensate the financial losses. The annual cost of workplace injuries in the 

United States can be estimated at around one billion dollars per week; these costs 

are a result of injuries to employees. For example, healthcare workers are at risk 

of fatigue, overexertion, and hospital-acquired infections; office workers are 

prone to neck and back pain; chemical factory workers are more likely to suffer 

from respiratory illnesses; and rubber industry workers have an increased risk of 

stomach cancer. Hearing loss is commonly associated with workers in the mining, 

construction, manufacturing, and entertainment industries. Asbestos exposure is 

linked to mesothelioma and ovarian cancer, plutonium and vinyl chloride 

exposure is associated with liver cancer, and trichloroethylene (a common 

industrial solvent) is a risk factor for kidney cancer. For outdoor work activities, 

employers typically provide standard personal protective equipment (PPE) such 

as steel-toe boots, safety vests, harnesses, hard hats, earmuffs, and goggles. So, in 

this context SWS can be integrated into PPE to enhance worker safety, investing 
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in workplace technologies that offer real-time data collection and predictive 

analytics can be highly beneficial [29]. Fig. 1.9 provides some examples of 

wearable devices for safety monitoring at work. 

 

 
Figure 1.9: Examples of wearable devices for occupational safety monitoring. a) Smart helmet 

for monitoring safe working distance and interactions. b) Smart Cap measures brain waves to 

estimate alertness and fatigue level at work. c) Smart skeleton helps with heavy lifting by 

transferring the load from the upper body and back to the legs. d) Smart bracelet for the risk 

management of hand arm vibrations. e) Smart dynamometers to evaluate muscle strength and 

endurance. f) Smart PPE for safety monitoring of workers by tracking the microclimate, core 

body temperature, heart rate and exertion. g) Smart system for monitoring the work temperature 

of frontline workers [29]. 

 

Gatti et al. [30] investigated if a wearable device can effectively monitor a person 

during work dynamin activities through heart rate and oxygen consumption 

monitoring. Amrutha et al. [31] proposed a smart helmet for monitoring the 

physical conditions of the construction workers. This wearable device was 

designed to enhance the safety and protection of employees by providing real-

time data and alerts. Unlike conventional helmets, this high-tech helmet is 

equipped with a range of sensors and tools that monitor various physical and 

environmental factors, including temperature, humidity, noise levels, and the 

presence of hazardous chemicals. It also tracks physiological data such as heart 
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rate and body temperature to detect signs of exhaustion or stress. Additionally, 

the helmet is capable of alerting both managers and employees to potential 

hazards, such as falling objects or adverse weather conditions. Syabila et al. [32] 

realized a real-time safety monitoring system for workers who are exposed to 

vibrations for quite a long time, so they can be at risk of Hand Arm Vibration 

Syndrome (HAVS). Health standards issued by the Ministry of Health specify 

safe exposure limits for vibrations on the human body. For instance, vibrations 

with a strength of 20 m/s² should not exceed an exposure time of 30 minutes. The 

system monitors the vibrations experienced by the human arms and will send a 

notification and activate a buzzer alert if the vibration strength exceeds these 

health standard limits. 

 

1.4.2 The Role of Smart Devices in Healthcare 4.0 

The efficiency and effectiveness of healthcare systems in providing quality 

services to populations are major concerns for governments and institutions 

across industrialized nations. Common challenges include the insufficient 

responsiveness to fast-spreading diseases like the COVID-19 pandemic by the 

centralized healthcare models, and the rising costs of service provision. With an 

aging population, these issues are expected to worsen, threatening the ability of 

healthcare systems to meet the needs of future generations and posing significant 

risks to their long-term sustainability. Given this scenario, research into more 

effective and efficient healthcare models has focused on improving critical 

processes such as screening, early diagnosis, and personalized treatment. The rise 

of Industry 4.0, with its pervasive computing and biosensing technologies, 

presents a promising opportunity to shift to more cost-effective and inclusive 

remote healthcare models. By utilizing advanced information and communication 

technologies, smart sensors, and wearable devices, vast amounts of health data 

can be gathered and analyzed in real time, enabling personalized healthcare 

services and remote diagnostics [33]. These advancements have the potential to 

https://ieeexplore.ieee.org/author/928696910204831
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revolutionize healthcare systems by prioritizing prevention and real-time patient 

monitoring, ultimately reducing costs and improving quality of life [34]. 

The European Union (EU) has already committed substantial resources to this 

transformation, with public health spending reaching 16% of the total public 

expenditure in 2021, 37% of which was allocated to inpatient care. In 2023, the 

EU launched a €43 billion plan, including nearly €14 billion earmarked for 

digitalizing health services and transitioning from a hospital-centered to a patient-

centered care system [35]. This funding supports the development of point-of-

care solutions that enable patients to self-test at home or nearby facilities using 

smart biosensing devices, reducing the need for physical visits to centralized 

hospitals. Enhancing proximity medical services offers a valuable opportunity to 

improve the inclusiveness of healthcare while ensuring affordability and 

personalization through devices capable of capturing patient data, generating 

electronic medical records, and supporting clinical decision-making. 

While the effectiveness and efficiency of healthcare systems have been widely 

discussed, the development of digital biosensing technologies is a newer topic 

within Industry 4.0 and its medical counterpart, Healthcare 4.0. These 

technologies have the potential to revolutionize the sector by enabling real-time 

monitoring and personalized treatment [36], [37]. However, the integration of 

these technologies into existing healthcare systems remains a challenge, 

particularly with centralized digital infrastructures [23], [38]. A major issue is the 

vast amount of Internet of Things (IoT) data generated, which can be difficult to 

transmit in areas with underdeveloped networking infrastructures, especially in 

remote communities. Additionally, the latency of centralized systems can cause 

delays in processing healthcare data, which is particularly concerning in critical 

sectors like healthcare [39]. 

The Industry 4.0 paradigm, with its cloud computing and IoT capabilities, has 

made the traditional Automation Pyramid structure, designed in the 1990s, 

outdated and inadequate for modern industrial digital systems. Edge computing, 
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introduced by Gelsinger [40], offers a decentralized approach where IoT devices 

and edge servers process data in real time without relying on a central server [41]. 

The concept of "fog computing," first proposed by Bonomi et al. [42], further 

expands on this by placing computing, storage, and networking services closer to 

the edge of the network, between end-user devices and traditional cloud data 

centers. Fog computing facilitates the processing of large amounts of data at or 

near IoT devices, making it well-suited for time-sensitive healthcare applications 

[43]. Fog computing can serve as a gateway between cloud and IoT layers, 

reducing latency and improving real-time data processing [44]. This approach has 

been identified as an effective solution to the challenges of centralized cloud 

systems, particularly in healthcare where quick data processing is crucial [45], 

[46]. 

The digitalization of healthcare systems is considered key to improving 

organizational performance and responsiveness [47], and is an area of growing 

interest in academia and industry [48], [49]. A digitized healthcare system 

facilitates full access to health services from the comfort of home, addressing one 

of the major drawbacks of traditional models. However, developing daily-use 

sensors to collect health and activity data for early disease diagnosis remains a 

challenge for industrial companies [50]. More research is needed to develop fast, 

portable, miniaturized, and affordable point-of-care devices for long-distance 

monitoring of disease biomarkers [51]. Over the last decade, significant efforts 

have been made to develop more efficient healthcare technologies and devices 

that align with personalized healthcare paradigms. The strategic development of 

smart devices for personalized medicine has become a key focus for many 

industrialized countries [52]. Given the importance of timely diagnosis and 

treatment in telemedicine, further work is required to enhance wearable sensors 

for effective real-time remote diagnosis, improving patients' health and 

potentially saving lives [53]. 
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1.4.3 Smart Devices: Classification 

Smart devices can be classified as: 

- Implantable devices: these devices are integrated to operate within the human 

body, such as implantable cardioverter defibrillators (ICDs), that are designed 

to deliver an electrical impulse at the right time when the heart has a different 

rhythm (Fig. 1.10). These devices are made of compatible materials that do 

not cause a reaction or have an adverse effect to the body [54]. ICDs are more 

advanced than traditional pacemakers because they can deliver high-energy 

electrical shocks to correct life-threatening arrhythmias when lower-energy 

pulses are insufficient. This reduces the mortality rates due to the sudden 

cardiac deaths (SCDs), which account for approximately half of all fatalities 

related to heart disease [55]. 

 

 
Figure 1.10: Schematic representation of an ICD [56]. 

 

Jia et al. recently developed a non-invasive system for monitoring glucose, lactate, 

alcohol, and ammonia levels in the body using a tattoo-based biosensor. These 

tattoo biosensors can quantify lactate concentrations in human sweat non-

invasively by detecting electrochemical signals generated by enzymes. The novel 

lactic acid oxidase-functionalized skin biosensor shows high linear specificity, 

accurately measuring lactate concentrations up to 20 mM, which is secreted by 

the sweat glands. Additionally, the tattoo sensor is designed to be versatile and 

durable, maintaining functionality even with frequent skin movement. This sensor 
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has been employed to analyze variations in lactate levels in sweat during long-

term, repetitive exercise in real time [57]. Fig. 1.11 shows some wearable skin 

patches. 

 

 

 

Figure 1.11: Wearable bioelectronic skin patches [58]. 

 

- Portable devices: one of the most common types of portable wearable devices 

is the smartwatch. The GlucoWatch® Biographer was the first commercial 

smartwatch approved by the Food and Drug Administration (FDA), featuring 

a non-invasive glucose sensor. It uses reverse iontophoresis to 

electrochemically extract glucose concentrations from skin interstitial fluid 

[59].  

-  

 

Figure 1.12: Flexible Glove-Based Biosensor [60]. 
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Mishra et al. [60] developed a glove featuring an electrochemical biosensor with 

a real-time wireless data transmission to a smartphone device (Fig. 1.12). In this 

system, the thumb acts as a collector/sampling finger, while the index finger, 

coated with organophosphorus hydrolase, serves as the detecting finger. This 

“Lab-on-a-glove” serves as a point-of-care (POC) screening device and is also 

applicable in defense, security, and food safety applications.  

 

1.4.4 Materials for Smart Electrochemical Sensors 

For wearable devices, it is crucial to ensure excellent performance even when they 

are subjected to considerable deformation such as bending, stretching, or twisting. 

Recent innovations in electrochemical sensors have made it possible to achieve 

these requirements [22]. The use of rigid and brittle metals in wearable technology 

that require significant deformation has seen a decline in recent years. To meet 

the demands of future healthcare applications, sensors that are both stretchable 

and capable of high performance are highly desirable. Flexible substrates are 

essential for wearable devices, making materials like polymers, paper, and textiles 

excellent options. Among various polymers, polyimide (PI), polyethylene 

terephthalate (PET), silk, parylene, stretchable polydimethylsiloxane (PDMS), 

acrylic, and Ecoflex are widely used as flexible or stretchable substrates used in 

wearable technologies. The choice of polymer depends on the specific 

application. For instance, PI is suitable for high-temperature applications due to 

its high glass transition temperature, PET is ideal where high transparency is 

required, and PDMS is well-suited for stretchable sensors. In-clothing sensors 

often use textiles as they are compatible with human skin and can serve as both 

sensing material and substrate. Sensors can be fabricated on or integrated into 

textile fibers, including wool (animal origin), cotton (plant origin), or synthetic 

textiles like nylon. Paper is another flexible, low-cost, and lightweight substrate 

commonly used for wearable devices. It is biocompatible and environmentally 

friendly, as it can naturally degrade in ambient conditions [61]. 
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Beyond synthetic materials, there has been exploration into natural substances for 

creating substrates for wearable systems. Biomaterials represent one of nature's 

most abundant resource categories and provide substantial benefits, including 

biocompatibility, biodegradability, versatility, sustainability and cost-

effectiveness. Fibers and textiles are particularly well-suited for wearable sensing 

technologies due to their natural compatibility with human skin [62]. An example 

is natural silk, which stands out as a readily available and attractive biomaterial, 

fulfilling the mechanical criteria necessary for handling irregular deformations. 

Silk consists of fibrous proteins characterized by highly repetitive amino acid 

sequences and is produced by various spiders and insects, including wasps, 

honeybees and silkworms. Of these, silk from the Bombyx mori silkworm has 

received the most attention because of its extensive natural production, 

remarkable biocompatibility, distinct mechanical properties, controllable 

degradation and adaptability into various material forms. For thousands of years, 

silkworm silk has been used in textiles, prized for its shine, flexibility, and 

lightweight qualities. Recent advancements in biomedicine and nanofabrication 

have allowed for the functionalization of silk-based materials, thereby expanding 

their applications. Current uses include scaffolds for tissue engineering, systems 

for drug delivery and biosensors. Additionally, silk fibroin is garnering increased 

interest in flexible electronics and photonic devices due to its ability to produce 

innovative devices that are lightweight, resilient, flexible, biocompatible, non-

toxic, sustainable and biodegradable [63]. Chen et al. [64] developed a silk 

nanofibril (SNF)/reduced graphene oxide(rGO)/glucose oxidase (GOx) sensor for 

non-invasive detection of glucose in sweat, covering both healthy people and 

diabetic patients. 

So, an ideal material for electrodes should possess excellent electrical 

conductivity along with strong mechanical properties. The structure and electrical 

performance of the electrode must remain stable even under significant stress and 

strain. Furthermore, the physical bond between the substrate and the metallic layer 
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is crucial, as metal films can detach during stretching. Traditional metals such as 

gold (Au), silver (Ag), platinum (Pt) and aluminum (Al) have been effectively 

employed as electrodes for flexible sensors. However, these metals may 

experience cracking and other defects under high stress, which can negatively 

affect their electrical performance. To mitigate this problem, researchers have 

developed porous metal films that exhibit greater resilience to stress and strain 

[61]. For example, Zhang et al. developed an electrochemical sensor utilizing gold 

and Prussian blue nanoparticles (AuPBNPs) integrated with carbon ink on PET 

for detecting hydrogen peroxide. This sensor was fabricated on rubber gloves 

using screen printing techniques, demonstrating promising results for wearable 

system applications [65].  

In Fig. 1.13 different types of materials used to fabricate wearable sensors are 

shown. 

 

 

Figure 1.13: Materials for wearable sensors [66]. 

 

The next generation of wearable devices is anticipated to achieve higher accuracy 

and perform a wider range of functions. Advanced materials will be key to driving 

rapid, continuous, and predictable innovations in wearable technology. The 

selection of appropriate materials and effective assembly methods will be crucial 
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in developing wearable sensors with high stability, sensitivity, and a broad strain 

range. Recent advancements have incorporated various materials, such as 

nanowires (NWs), metal nanoparticles (MNPs), conductive polymers (CPs), and 

carbon-based materials, to enhance wearable healthcare devices due to their 

exceptional mechanical and electrical properties. Among these, advanced carbon-

based materials, including carbon black nanoparticles (CBNPs), carbon 

nanofibers, graphene, and carbon nanotubes (CNTs), provide unique benefits, 

such as high chemical and thermal stability, excellent electrical conductivity, and 

ease of functionalization. These properties make them particularly promising for 

wearable electronic applications. For example, graphene (Gr) has the highest 

reported electron mobility and is both flexible and mechanically strong, making 

it ideal as both an electrode material and a sensing element [62]. Pu et al. reported 

a three-electrode-based electrochemical sensor in which the working electrode 

was modified with graphene and AuNPs. The highly sensitive sensor integrated 

with a microfluidic chip formed a wearable sensor for continuous non-enzymatic 

glucose monitoring [67]. 

 

1.5 Conclusions and Future Challenges 

Electrochemical sensors are making big improvements in fields like healthcare, 

environmental monitoring, food safety and biotechnology. They translate 

chemical data into clear electrical signals, offering a fast, cost-effective and highly 

sensitive way to analyze samples. They can give real-time results, which is useful 

for both routine and critical applications. Despite challenges, such as matrix 

specificity, new materials and technologies keep improving their performance. 

Using nanomaterials and new designs for electrodes, these sensors are becoming 

more robust and adaptable to many different needs. As technology moves 

forward, these sensors support important progress in scientific research, industry, 

daily safety and health practices. In particular, wearable and smart 

electrochemical sensors are changing healthcare and safety, as well as 
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personalized medicine. Made with new materials like nanowires, graphene, and 

conductive polymers, these sensors are becoming more sensitive, flexible and 

durable. This allows them to track health and environmental data in real time. As 

telemedicine and remote health monitoring grow, these devices bring new ways 

to detect diseases early, customize treatments and improve safety in healthcare 

and workplaces. However, some challenges remain in improving accuracy, ease 

of use and selectivity of these systems. Future work might focus on creating new 

materials, adding wireless features and developing sensors capable of 

simultaneously monitoring multiple health parameters. In conclusion, while 

impressive progress has been made in the field of wearable health sensors, further 

research is still needed. As these devices continue to improve, they could help 

make healthcare more preventive and workplaces safer. 
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2. Materials used in Electrochemical Sensors Fabrication 

This chapter will discuss the materials used in the fabrication of the two 

electrochemical sensors developed in this thesis work. The first sensor was 

designed for integration into a face mask, enabling real-time detection of 

hydrogen peroxide in exhaled breath. It was fabricated using the silver metallic 

layer from compact discs, with a thin chitosan coating to improve surface 

wettability in the humid conditions of exhaled breath. Sensitivity to the low 

hydrogen peroxide concentrations typically found in exhaled air was enhanced by 

electrodepositing Prussian Blue Nanoparticles (PBNPs) on the WE. 

The second electrochemical sensor presented in this work is a wearable device for 

monitoring uric acid, chloride, and glucose levels in sweat. It features three 

distinct gold-based working electrodes, each modified for a specific target 

analyte. Uric acid detection was achieved by co-depositing reduced Graphene 

Oxide and Gold Nanoparticles (rGO-AuNPs), chloride detection was enabled by 

electrodeposition of silver, and glucose detection was made possible through the 

electrodeposition of Nickel Nanoparticles (NiNPs). This chapter will provide a 

detailed overview of the materials that contribute to the functionality of these 

innovative sensors. 

 

2.1 Silver-based Sensor Development from Recycled CDs and 

DVDs 

2.1.1 Electronic Wastes: Challenges, Impacts and Solutions 

Electronic waste (e-waste) is a big challenge due to the short life cycles of modern 

electronics. The issue of inadequate recycling systems plays a role in the problem 

of e-waste and worsens the pollution which is often produced in landfills. Stephan 

Sicars, Director of the Department of Environment at the UN Industrial 
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Development Organization, highlighted e-waste as "a serious threat to the 

environment and human health worldwide" [1].   

According to a report issued by the United Nations in 2019 of the 7.3 kg of e-

waste generated per year, only about 1.7 kg of e-waste is recyclable per year. In 

order to reach the desired recycling target by 2030, the present recycling system 

would need to increase by approximately tenfold. Although there are significant 

amounts of valuable materials in e-waste, such as iron, steel, copper, silver, and 

gold, only about 15-20% of this waste is recycled, with the remaining 80% not 

being collected due to high costs and poor or absence of adequate infrastructure 

all over the world. On the other hand, the waste generated from electronics 

including toxic materials such as mercury and lead which have been found in 

industrial processes and waste materials from landfills [2]. Fig. 2.1 illustrates 

global e-waste production from 2014 to 2030. 

 

 

Figure 2.1: Global e-waste generation from 2014 to 2030 [3]. 

 

Most e-waste of today consists of outdated technologies, including Compact 

Discs (CDs), Digital Versatile Discs (DVDs), old televisions and computer 

monitors. Since 1999, 9.02 billion CDs have been shipped in the United States 

alone [4]. In 2021, CD sales accounted for 40.6 million music CDs but included 

3,500 DVDs and 10.3 million video games [5]. The use of CDs within the 
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biomedical field is also evident by how medical images are exchanged between 

patients and providers, which means that the number of available CDs is much 

greater. 

The lifecycle and recycling process of CDs is also a concern as polycarbonate can 

be decomposed to form the polycarbonate mono-glycerol bisphenol A (BPA), the 

compound responsible for toxicity. It is possible that over the years, the release 

of BPA in gradual amounts might have some adverse effects for both humans and 

nature. This emphasizes the importance of looking for solutions to address 

recycling and upcycling of the e-waste before they are fully processed, thus 

requiring them at the recycling level [6].  

Biointegrated electronics provides possibilities to monitor pathophysiological 

alterations, overall state, and athletic performance in real-time, by tracking a wide 

array of biomarkers. Current microfabrication techniques for creating stretchable, 

active components typically rely on expensive and time-intensive printing or 

lithography-based methods. For example, evaporated gold, commonly used in 

microfabrication and thin-film production, is estimated to cost around $95 per 

gram for films approximately 125 nm thick. Additionally, the lead time for these 

processes can range from several hours to days, depending on the device's 

complexity. Moreover, these processes often require the use of volatile chemicals, 

such as chemical etchants, photoresists, and developers, which pose 

environmental risks. Although these advanced techniques have many advantages, 

they may not be ideal for rapid prototyping, experimental testing, or developing 

one-time-use sensors, especially in environments with limited resources [7]. 

There is a growing demand for disposable sensors that provide reliable, 

accessible, and fast measurements without the need for recalibration or concerns 

about contamination. This demand is particularly evident in medical diagnostics, 

where point-of-care sensors are being developed to replace central laboratories in 

resource-limited or time-sensitive situations. Additionally, there is a pressing 

need to simplify and reduce the cost of fabricating stretchable electronic prototype 
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devices, which would broaden manufacturing capabilities and lower the skill level 

required for fabrication [5]. 

 

2.1.2 Cost-Effective and Disposable Electrochemical Sensors from CDs and 

DVDs 

CDs and DVDs are widely available at low cost and can be easily sourced from 

recycled materials. Although the exact composition varies among manufacturers, 

they typically consist of several layers (Fig. 2.2): a base polycarbonate layer, a 

dye layer for data storage, and a metal reflective layer ranging from 40 to 100 nm 

in thickness. The metal layer is designed to reflect laser light back to the detector 

during the reading and writing processes. The surface of the discs features 

concentric tracks approximately 0.4 mm wide and 0.1 mm deep, separated by 1.3 

mm, which guide the laser [8]. For most discs, the metal layer is usually composed 

of aluminum, although silver (Ag) or gold (Au) are also commonly used. This 

metal layer presents several attractive possibilities for electrochemical analysis. 

Aluminum, however, has poor electroanalytical properties and is rarely used as 

an electrode material because it oxidizes quickly, leading to poor conductivity. In 

contrast, both silver and gold are well-known for their excellent electrochemical 

properties in various applications. Despite this, their relatively high cost and the 

extensive cleaning required for their use have limited their widespread adoption 

[9].  

 

 

Figure 2.2: Structure of a CD: 1), 2) and 3) protective polymer layers; 4) reflective gold 

layer; 5) phtalocyanine layer; 6) polycarbonate support [10]. 
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Angnes et al. [11] demonstrated the feasibility of fabricating gold electrodes from 

CDs, offering a simple and cost-effective alternative method for electrode 

production. The silver or gold layer can be exposed either by mechanically 

delaminating the disc or by removing the upper polymer layers using a solvent 

like nitric acid. A single disc can be used to create multiple electrodes at minimal 

cost, customizable to various geometries and configurations. Due to their low 

cost, these discs can be used as disposable, single-use devices if needed. Angnes 

et al. [11] were the first to demonstrate the fabrication of Au electrodes from 

compact discs, pioneering a technique that has since become the most widely 

reported method in this field. Their process involved slicing the disc into 

segments. They then applied concentrated nitric acid to dissolve the upper 

protective polymer layers, revealing the gold layer beneath. This step reportedly 

took only a few minutes, and any remaining polymer residue was easily washed 

away with a water jet. Once exposed, the gold layer could be utilized as the 

working electrode. Alternative methods have also been reported including the 

mechanical delamination of the disc. Honeychurch [12] developed an 

electrochemical sensor based on the Ag layer of a CD for the lead detection on 

spiked and unspiked roof drainage water. Sections of the CD can be cut out with 

a suitable pair of scissors, and in this case, the upper Ag layer was then removed 

by slowly peeling it away from the lower polycarbonate substrate. The use of 

conventional Ag and Au electrodes has often been limited by their high cost and 

the tendency for electrode fouling, which necessitates thorough cleaning and 

lengthy preparation steps. However, fabricating Ag and Au electrodes from CDs 

and DVDs addresses many of these challenges. Due to their low cost and wide 

availability, these materials can be treated as disposable, enabling single-use 

applications that eliminate concerns about fouling and cross-contamination [5].  
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2.1.3 Electrochemical Detection of Hydrogen Peroxide Using Ag Electrodes 

from CDs and DVDs 

In recent years, several studies have employed electrochemically roughened Ag 

CD-based electrodes for the electrocatalytic detection of hydrogen peroxide. 

More recently, Shafei and Honeychurch [13] utilized an unmodified Ag electrode, 

fabricated from a DVD-R, for determining hydrogen peroxide levels in water. 

They simply mechanically delaminated a Verbatim DVD-R, using the exposed 

Ag layer as the working electrode without further modification. Lian et al. [14] 

roughened Ag layer of a CD by electrochemical oxidation-reduction cycles in a 

KCl solution for quantitative determination of hydrogen peroxide. Maynard and 

Honeychurch [15] explored the use of Ag electrodes made from recycled 

Recordable Compact Discs (CD-R) for the amperometric detection of hydrogen 

peroxide. The analytical response showed linearity up to at least 30 mM of 

hydrogen peroxide, with a sensitivity of 21.89 μA/mM in this range. A detection 

limit of 17.7 μM was achieved, based on a signal-to-noise ratio of three. The 

sensor design offers a straightforward, cost-effective, and reliable approach for 

detecting hydrogen peroxide, eliminating the need for lengthy, multi-step 

fabrication processes by using recycled materials. Wen et al. [16] have 

successfully developed a highly catalytic H2O2 sensor utilizing silver dendritic 

nanostructures and silver nanoparticles, formed on the surface of a DVD substrate 

via a simple electrochemical multi-potential step-scan method. The resulting 

sensor demonstrates a rapid amperometric response to H2O2 reduction, with a low 

detection limit and a broad linear detection range. 

 

2.2 Humidity Sensing: The Role of Biopolymers and Paper-Based 

Materials 

Humidity sensors have a wide range of applications. In the medical field, these 

sensors play a critical role in respiratory equipment, sterilizers, incubators, and 
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pharmaceutical processing. In agriculture, they are used in greenhouse climate 

control, protecting plantations from dew, monitoring soil moisture, and storing 

cereals. Within the general industry, humidity sensors are employed for 

controlling humidity in chemical gas purification, dryers, ovens, film drying, 

paper and textile production, and food processing [17]. The challenges posed by 

the lack of liquid electrolytes can be addressed by utilizing absorbent materials 

capable of capturing moisture, such as biopolymers and paper. Natural 

biopolymers, sourced from renewable materials, are increasingly favored for 

producing soft materials like membranes, hydrogels, and aerogels, owing to their 

sustainability, non-toxicity, biocompatibility, and biodegradability. Their 

solubility in water or water-based solvents further enhances the development of 

biopolymer-based conductive hydrogels, which are essential for creating non-

toxic wearable sensors that offer excellent biocompatibility. These natural 

biopolymers are extracted from renewable sources, including plants, arthropod 

shells, and silkworm cocoons, using bioprocessing and chemical modification 

techniques. Biopolymers, including proteins like silk and gelatin, as well as 

polysaccharides such as cellulose, sodium alginate, chitin, and chitosan, have 

drawn considerable scientific interest for their natural advantages: they are low-

cost, biodegradable, antimicrobial, and renewable. Beyond these biological 

benefits, natural biopolymers possess structural characteristics that make them 

ideal for developing high-performance conductive hydrogels [18]. Their abundant 

functional groups, such as hydroxyl, carboxyl, amino, and amine, enhance their 

hydrophilicity, which is essential for effective hydrogel formation. The high 

reactivity of these groups also enables modifications to tailor the mechanical 

properties, electron transfer capabilities, solubility, and crystal structure of the 

biopolymers. For instance, chitosan can be modified with positively charged 

groups through quaternary ammonium modification, enhancing its solubility and 

improving the conductivity and mechanical properties of the resulting materials 
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through electrostatic interactions. These characteristics highlight the potential of 

natural biopolymers in designing conductive hydrogels for wearable sensors [19].  

A hydrogel is a gel consisting of polymer network chains and a substantial amount 

of water molecules, forming a three-dimensional network structure. These 

materials are highly hydrophilic, allowing them to swell rapidly in water and 

retain a large volume of it without dissolving. The water absorption capability of 

hydrogels is due to the hydrophilic functional groups on the polymer backbone, 

while the crosslinking between the polymer network chains (Fig. 2.3) prevents 

them from dissolving. As a result, hydrogels exhibit permeability to chemical and 

biological molecules and are transparent to light and sound waves, properties 

associated with their high-water content. Additionally, the crosslinked polymer 

network provides hydrogels with flexibility and stretchability, making them 

behave similarly to elastic solids [20]. 

 

Figure 2.3: Structure of hydrogel [21]. 

 

Since Wichterle and Lim first synthesized hydrogel in 1954, these materials have 

found widespread use across various fields, including food preparation, 

bioengineering, agriculture, healthcare, and biosensors. Hydrogels can be tailored 

to meet specific application requirements by functionalizing them to achieve 

desired properties and structures. This makes them particularly well-suited for the 

complex demands of flexible and wearable sensors. Their deformability allows 

them to conform closely to curved surfaces, such as human skin, and 
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accommodate body movements without sustaining mechanical damage [22]. 

Practical applications of hydrogel-based vapor sensors have been reported, 

including smart masks, electronic skin, respiratory analysis, and wireless 

monitoring, showcasing their potential in environmental monitoring, medical 

health, and other fields. By attaching hydrogel vapor sensors to human skin or 

incorporating them into clothing and accessories, it becomes possible to monitor 

personal health and safety effortlessly, without the need for additional equipment. 

For example, flexible, stretchable, and wearable vapor sensors made from 

hydrogel can detect the content and concentration of gases in inhaled and exhaled 

air by continuously monitoring ambient air or exhaled breath at room temperature, 

thus enabling real-time personal health and safety monitoring [23]. Gao et al. [24] 

developed an ultra-thin organohydrogel film (CGGN) with a thickness of just 0.1 

mm, designed specifically for humidity sensing applications. This sensor is highly 

effective in detecting relative humidity levels ranging from 20% to 90%. Thanks 

to its high sensitivity to humidity changes, the sensor enables rapid, stable, and 

continuous monitoring of human respiration, with reproducible results. As 

previously mentioned, in addition to biopolymers, another material used as a 

flexible substrate for humidity sensors is paper. Paper is a three-dimensional sheet 

composed of interconnected cellulose fibers, bonded together through hydrogen 

bonds between hydroxyl groups. It is produced from plant-based raw materials 

that contain fibers, which undergo processes such as pulping, blending, and 

finishing. These processes enable the paper to be folded and cut as needed. 

Cellulose fibers found in paper are exceptionally fine, measuring less than a 

micron in diameter while extending several millimeters in length. The types of 

paper most commonly used in humidity sensor development include filter paper 

and nitrocellulose paper. Filter paper, made entirely of pure cellulose, exhibits 

several key properties such as wet strength, porosity, particle retention, volume 

flow, compatibility, efficiency, and capacity. It is available in 13 grades, each 

categorized by pore size. Nitrocellulose paper, in contrast, is created by treating 



 

56 

 

standard cellulose with a mixture of sulfuric and nitric acids, which replaces 

hydroxyl (-OH) groups with nitrate (-NO3) groups in the cellulose structure. This 

chemical alteration leads to a nitrocellulose surface that is more uniform and 

smoother, featuring fewer and narrower pores compared to chromatographic 

cellulose paper [25]. In their research, Fiore et al. [26] developed a filter paper-

based screen-printed electrode incorporating a carbon black-Prussian Blue 

nanocomposite to detect nebulized hydrogen peroxide, which aids in customizing 

disinfection processes. 

 

2.2.1 Chitosan: Synthesis, Properties and Applications 

For the development of the electrochemical sensor for detecting hydrogen 

peroxide in exhaled breath, chitosan was chosen as the absorbent material. 

Chitosan is a cationic polysaccharide and is considered one of the most promising 

natural biopolymers for applications in the biomedical field. The key 

characteristics of chitosan can be broadly outlined as follows: it is biodegradable, 

biocompatible, and bio-functional. Additionally, it has the capacity to immobilize 

proteins, nucleic acids, and virus particles, promotes enhanced cellular 

attachment, possesses inherent antibacterial properties, accelerates wound 

healing, offers chemical resistance, provides effective corrosion protection when 

used as a coating, demonstrates relative thermal stability, forms films easily, 

exhibits convenient mechanical properties, and is cost-effective. Chitosan is a 

naturally occurring linear polysaccharide, also referred to as deacetylated chitin 

(C8H13O5N)n. Chitin was first identified by the French scientist Henri Braconnot 

in 1811. Later, in 1859, French professor C. Rouget successfully synthesized 

chitosan by deacetylating chitin through boiling it in a concentrated potassium 

hydroxide solution [27]. Chitin is the second most abundantly produced 

polysaccharide in the environment, following cellulose. It is widely distributed 

among living organisms, both plants and animals, making it a crucial renewable 

resource. Chitin occurs as structured crystalline microfibrils, forming structural 
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components in the exoskeletons of arthropods and crustaceans and the cell walls 

of fungi and yeast. However, despite chitin having a range of beneficial properties 

that would make it well-suited for different applications, it presents a major 

drawback: its insolubility in water and in most common solvents, which can limit 

its applications in certain fields. Chitin derivatives are typically obtained through 

alkaline deacetylation; among these derivatives, chitosan is the most widely 

utilized [28]. Chitosan retains the same characteristics as chitin in terms of non-

toxicity, biocompatibility, and biodegradability, but it has greater solubility in 

diluted acids such as acetic acid, formic acid, and lactic acid, making it easier to 

use. The deacetylation of chitin to produce chitosan occurs in sodium or 

potassium hydroxide at temperatures of at least 100°C to remove some or all of 

the acetyl groups from the polymer (Fig. 2.4). The characteristics of the chitosan 

produced are influenced by the reaction conditions, which need to be as consistent 

as possible throughout the process. Factors such as temperature, reaction duration, 

previous treatment of the chitin, and its density all play significant roles. 

Consequently, the properties of the resulting chitosan can differ based on the 

original source and the method of preparation; for instance, the molecular weight 

can range from 300 to over 1000 kDalton, with a degree of deacetylation varying 

between 30% and 95% [29]. Chitosan is distinguished by its highly reactive amino 

and hydroxyl groups, which make it an important material for various research 

applications. The amino groups create a hydrophilic environment for 

biomolecules and increase solubility in various acids, enabling interaction with 

polyanions to form complexes and gels through chemical modification. Chitosan's 

protonatable amino groups enable it to function as a cationic polyelectrolyte. Its 

eco-friendly characteristics, combined with its capacity for absorption, 

outstanding film-forming properties, enhanced permeability, mechanical 

strength, biocompatibility, easy availability and high thermal stability, make 

chitosan a popular choice for immobilization. Solutions of chitosan are utilized in 

preparation of a variety of materials, including films, gels, sponges, fibers, and 
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particles. The presence of hydrogen-bond networks in the solid state is a 

significant property that enhances fiber and film-forming capabilities, making it 

suitable for novel applications [30].  

 

 

Figure 2.4: Chemical structure and some sources of chitin and chitosan [31]. 

 

Therefore, chitosan has numerous properties that make it of particular interest in 

various fields of application. Kumari et al. [32] have shown that chitosan exhibits 

excellent humidity-sensing properties, primarily due to its numerous repeating 

hydrophilic functional groups, such as amines and hydroxyls, which can form 

hydrogen bonds with water molecules in the environment. Because hydrogen 

bonds are weak, they facilitate the reversible adsorption and desorption of water 

molecules on the surface of the chitosan film, depending on the atmospheric 

relative humidity. A humidity sensor based on a chitosan film was fabricated by 

depositing it onto a Ti/Au electrode-coated SiO2 substrate. The sensor 

demonstrated rapid response and recovery times, low hysteresis, excellent 

reversibility, a wide detection range (11−95% RH), and high selectivity for water 

vapor. When it was tested with various human breathing patterns, the sensor 

effectively distinguished differences in the rate and depth of respiration, including 

normal, fast, deep, and nasal breathing, as well as detecting apnea-like events. 

Additionally, the sensor was successfully used for non-contact skin humidity 
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sensing. Overall, this chitosan film humidity sensor presents a promising solution 

for the noninvasive detection of respiratory disorders and other health issues 

through monitoring skin moisture. Teepoo et al. [33] developed an 

electrochemical sensor based on chitosan-gelatin nanofibers for the detection of 

hydrogen peroxide. Additionally, there are other advantages, such as simple 

electrode preparation, long-term stability, and good repeatability compared to 

previous works. Gao et al. [34] developed an electrochemical sensor for the 

detection of hydrogen peroxide based on silver nanowires and chitosan films. This 

sensor exhibited good electrocatalytic activity toward the reduction of H₂O₂. 

Additionally, this sensor demonstrated acceptable selectivity for the detection of 

H₂O₂, satisfactory reproducibility, and good long-term stability. 

 

2.3 Electrode modified with Prussian Blue for Hydrogen 

Peroxide Detection in Exhaled Breath 

To enhance the sensitivity of the first electrochemical sensor designed for 

detecting hydrogen peroxide in exhaled breath, various nanoparticles were 

applied to the working electrode. The optimal performance was obtained through 

the electrodeposition of Prussian Blue Nanoparticles (PBNPs), which enabled the 

detection of the low concentrations of hydrogen peroxide commonly found in 

exhaled breath. 

 

2.3.1 Prussian Blue: Structure and Properties from Soluble to Insoluble 

Forms 

Prussian Blue (PB) is an inorganic compound frequently employed to modify 

electrodes in electrochemical sensors due to its remarkable electrocatalytic 

activity, especially for hydrogen peroxide reduction. The initial synthesis of PB 

dates back to 1706 in Berlin, which was then the capital of the Kingdom of 

Prussia. Historically, it served as a pigment for painters and a dye for textiles, 



 

60 

 

drawing interest for its unique properties; notably, despite containing cyanide 

groups, the pigment is non-toxic to humans. Since Jöns Jakob Berzelius's work in 

1820, two forms of Prussian Blue have been identified: soluble and insoluble. 

However, it is now understood that both forms are generally insoluble in water 

and most common solvents. The primary distinction lies in the fact that soluble 

Prussian Blue forms a stable, blue colloidal suspension in water, resembling a 

blue solution, while insoluble Prussian Blue tends to settle at the bottom. Further 

analytical investigations have identified different compositions for the soluble and 

insoluble varieties of Prussian Blue. Soluble Prussian blue is identified as 

AFeIII[FeII(CN)6]·xH2O, where x = 1–5 and "A" is a monovalent cation, such as 

K+,Na+ or NH4
+. In contrast, the composition of insoluble Prussian blue is 

determined to be FeIII
4[FeII(CN)6]3·xH2O, where x = 14-16. Commonly, if 

potassium is detected, the compound is considered soluble Prussian blue, while 

the absence of potassium typically indicates the insoluble form, often without 

further detailed chemical analysis. Despite their similar names, the distinct 

characteristics of these two forms justify the continued differentiation between 

so-called soluble and insoluble Prussian blue [35]. In 1936, James F. Keggin and 

Frank D. Miles [36] were the first to describe the cubic lattice structure of Prussian 

blue (Fig. 2.5): "The iron atoms are arranged, ferrous and ferric alternately, at the 

corners of a cubic lattice with a 5.1 Å edge, and the CN groups lie along the edges 

of these small cubes. The alkali atoms are situated at the centers of alternate small 

cubes". They proposed that the additional Fe³⁺ in insoluble Prussian blue occupies 

the interstitial sites that are otherwise filled by alkali metal cations in soluble 

Prussian blue.   
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Figure 2.5: Structure of Prussian blue according to the Keggin and Miles model from 1936 

(soluble Prussian blue) [35]. 

Today, the precise formulation, composition, and structure of Prussian blue, or 

ferric ferrocyanide, are typically described using a model developed by Andreas 

Ludi and his research group at the University of Bern. In the 20th century, Ludi 

et al. [37] were pioneers in producing larger crystals of insoluble Prussian blue, 

with edge lengths ranging from 0.05 to 0.1 mm. They achieved this by dissolving 

Fe²⁺(CN)₆⁴⁻ (ferrocyanide or hexacyanoferrate(II)) and Fe³⁺ or Fe²⁺ in 

concentrated hydrochloric acid (10 mol/L), in which Prussian blue is soluble. 

Prussian blue was then slowly precipitated from this yellow solution through the 

gradual diffusion of water, which dilutes the hydrochloric acid. These conditions 

are extreme, characterized by the absence of potassium or other alkali metal 

cations and high concentrations of protons and chloride anions. Their structural 

investigations revealed that the ratio of Fe³⁺ to Fe²⁺(CN)₆⁴⁻ in the cubic lattice of 

Prussian blue is 4:3. This ratio is explained by the presence of vacancies where 

Fe²⁺(CN)₆⁴⁻ is missing, with these vacant sites being randomly distributed. While 

all Fe³⁺ sites are occupied, only 75% of the Fe²⁺(CN)₆⁴⁻ sites are filled. Water 

molecules are located both in the zeolitic cavities and at the positions of missing 

ferrocyanide units. In summary, soluble Prussian Blue contains potassium ions 

(K⁺) that can dissociate in aqueous environments, leading to a net negative charge 

on the crystal surface. This ionization allows for the stable dispersion of the 

crystals, provided they are sufficiently small. In contrast, insoluble PB (Fig. 2.6) 

differs from the soluble variant in that excess Fe³⁺ ions replace potassium ions in 
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the interstitial sites of the lattice. It exhibits defects due to the presence of 

interstitial water molecules, which can be categorized into two types: those 

coordinated to Fe(II) sites (coordinative water) and those located within cavities 

that do not coordinate to metal sites (zeolitic water). In soluble PB, alkali metal 

ions replace these water molecules within the cavities to balance the overall 

charge [38]. 

 

Figure 2.6: Structure of (insoluble) Prussian blue according to Ludi and coworkers from 

1977 [35]. 

While the Ludi formula for Prussian Blue has been widely accepted by most 

scientists in the field, some experts have always remained skeptical. In 1996, Fritz 

Scholz and his colleagues [39] suggested that the crystal structure determined for 

Prussian Blue grown in hydrochloric acid might be just one of several possible 

structures. They proposed that the defect structure observed in this case could be 

due to the absence of stabilizing potassium ions. When Prussian Blue is 

synthesized from solutions containing potassium ions, they hypothesized that it 

may adopt a structure with fewer missing hexacyanoferrate ions and a more 

perfect lattice, with potassium ions providing charge compensation. However, 

due to Prussian Blue's extremely low solubility, the synthesis may never yield a 

completely perfect structure, and the number of defects is likely dependent on the 

availability of stabilizing cations.  
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2.3.2 Prussian Blue Nanoparticles: Synthesis, Activation and Stabilization 

for Electrochemical Applications 

Prussian Blue nanoparticles are increasingly synthesized through various methods 

for different applications, particularly in biomedical fields, due to their 

biocompatibility, biodegradability, customizable size and shape, low production 

costs, and ease of synthesis processes. Prussian Blue is typically synthesized by 

chemically mixing either Fe³⁺ with Fe(II)(CN)₆⁴⁻ or Fe²⁺ with Fe(III)(CN)₆³⁻, 

resulting in the formation of a dark blue colloid. The intense blue color arises 

from charge transfer between iron (II) at a carbon site and iron (III) at a nitrogen 

site [40].  

As an alternative approach, Neff [41] reported in 1978 the successful deposition 

of a thin layer of PB onto platinum foil, using electrochemical methods. 

Electrochemical deposition is now widely used due to its simplicity and 

effectiveness, particularly in the development of electrochemical sensors and 

biosensors. Among the various methods available, the potentiostatic approach and 

potential cycling in a solution of ferricyanide and ferric chloride are the most 

commonly used techniques for modifying electrochemical sensors with Prussian 

Blue. It is crucial to ensure that the pH of the growing solution is sufficiently 

acidic to prevent the hydrolysis of ferric ions. If the pH is too high, hydroxyl ions 

may replace cyanide bridges by occupying the valence positions of iron atoms. 

This substitution can severely compromise the regularity and stability of the 

resulting inorganic film, leading to a less effective or even unstable Prussian Blue 

structure. Thus, the two precursors are generally mixed in a 0.1M HCl/KCl 

solution [42]. After deposition, PB-modified electrodes can be cycled in an acidic 

solution containing potassium ions, a process known as activation. During this 

stage, a conversion between the insoluble (potassium-free) and soluble 

(potassium-containing) forms of PB occurs. This activation process disrupts the 

structure, resulting in the loss of about one-quarter of the high-spin Fe³⁺, with 

potassium ions occupying the interstitial sites in the structure of the soluble PB 
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film. So, the term "solubility" here refers to the ease with which Fe³⁺ ions are 

exchanged by potassium ions. Clear evidence of these changes is observed when 

the Prussian White (PW)/Prussian Blue (PB) peak pair becomes slightly narrower 

and sharper, indicating a successful structural conversion and improved 

electrochemical properties. After 30–50 cycles, the voltammogram stabilizes, 

confirming that the film activation has been completed. To further stabilize the 

PB layer, a heating step at 100 °C for 1 to 1.5 hours can be applied [43].  

 

 

Figure 2.7: Cyclic voltammogram recorded at a scan rate of 0.1 V/s in a solution of 3 mM 

HCl and 0.1 M KCl for a Prussian Blue-modified electrode reveals the interconversion between 

the various oxidation states of PB [43]. 

 

Fig. 2.7 shows the characteristic peaks associated with the different oxidation and 

reduction processes of the PB film. The first peak pair in the cyclic voltammogram 

corresponds to the interconversion between Prussian White (PW) and Prussian 

Blue (PB), while the second peak pair represents the conversion between PB and 

Prussian Green (PG).  

The reduction and oxidation reactions are facilitated by the free diffusion of 

cationic and anionic species, which are accompanied by noticeable color changes. 

The electron-transfer reactions, when potassium chloride is used as the supporting 

electrolyte, can be represented as follows: 

Fe(III)4(Fe(II)(CN)6)3 + 4e- + 4K+ → K4Fe(II)4(Fe(II)(CN)6)3  (2.1) 
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(PB to PW conversion) 

Fe(III)4(Fe(II)(CN)6)3 + 3Cl- → Fe(III)4(Fe(III)(CN)6)3Cl3 + 3e-
  (2.2) 

(PB to PG conversion) 

corresponding to peak pairs at 0.1 V and 0.9 V versus SCE, respectively [44]. 

The only disadvantage of the Prussian blue-based sensing layers is their 

instability, particularly in neutral and alkaline solutions. The instability arises due 

to the strong interaction between ferric ions and hydroxide ions at pH levels above 

6.4, which leads to the formation of Fe(OH)₃. This reaction destroys the Fe–CN–

Fe bond, ultimately resulting in the dissolution of PB [45]. To address this issue, 

several strategies have been developed: 

1. Application of protective polymer films: coating the PB with external polymer 

layers such as poly(o-phenylenediamine), poly(o-aminophenol), 

poly(vinylpyrrolidone), and Nafion to shield it from destabilizing conditions 

[46]. 

2. Use of additives in the working solution: incorporating substances like 

tetrabutylammonium toluene 4-sulfonate to enhance the stability of PB in the 

working environment [47]. 

 

2.3.3 Catalytic Performance of Prussian Blue in Electrochemical Sensing of 

Hydrogen Peroxide 

The most traditional application of PB-based electrochemical sensors is for 

monitoring hydrogen peroxide. In 1984, Itaya et al. [48] demonstrated that the 

reduced form of Prussian Blue, known as Prussian White, exhibits a catalytic 

effect in the reduction of oxygen (O₂) and hydrogen peroxide (H₂O₂). They 

discovered that hydrogen peroxide could diffuse into the zeolite-like structure of 

Prussian Blue (PB) and undergo electrochemical catalysis by either high-spin Fe³⁺ 

ions or low-spin Fe²⁺ ions. Based on their findings, they concluded that the 

Prussian Green (PG) form of PB was responsible for the oxidation of H₂O₂ at 

higher potentials (around +0.8 V), while the Prussian White (PW) form facilitated 
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the reduction of H₂O₂ at lower potentials (around +0.1 V). Although this dual 

catalytic behavior of PB allows for the detection of H₂O₂ at two distinct potentials, 

for oxidase-based biosensor applications, the reduction of H₂O₂ at lower 

operational potentials (Fig. 2.8) is generally preferred (Eq. 2.3-2.4). This 

preference is due to the enhanced selectivity it offers, minimizing interference 

from endogenous species commonly present in physiological environments [43]. 

 

(PW) K4Fe4(II)[Fe(II)(CN)6]3 + 2H2O2 → (PB) Fe4(III)[Fe(II)(CN]6 + 4OH- + 

4K+  (2.3) 

H2O2 + 2e- → 2OH-  (2.4) 

 

Figure 2.8: Mechanism of PB-mediated catalytic reduction of H₂O₂.  

 

Karyakin [42] conducted a comparison of the catalytic activity of Prussian Blue 

(PB) in the reduction of hydrogen peroxide with that of platinum, which is 

conventionally used in commercial first-generation biosensors. The study 

highlighted PB's superior performance in catalyzing the reduction of H₂O₂: the 

catalytic activity of Prussian Blue is approximately three orders of magnitude 

higher than that of platinum. This is demonstrated in Tab. 2.1, where the 

selectivity is represented by the ratio of cathodic currents for similar 

concentrations of two oxidants: hydrogen peroxide and oxygen.  
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Table 2.1: Electrocatalytic properties in H2O2 reduction in a neutral environment (pH 6-7) – 

0.05 M phosphate buffer and 0.1 M KCl [42]. 

 

Electrocatalyst 

Selectivity 
𝒋𝑯𝟐𝑶𝟐

𝒋𝑶𝟐

 
Electrochemical rate constant / cm s-1 

Pt 0.1 4 x 10-6 

Prussian Blue 400-600 1 x 10-2 

 

As shown, the reduction current of H₂O₂ on platinum electrodes is about 10 times 

lower than that of oxygen reduction. This significant difference makes it nearly 

impossible to detect H₂O₂ by reduction in the presence of oxygen when using 

platinum electrodes. Consequently, the only feasible detection method on 

platinum is the oxidation of H₂O₂ at relatively high anodic potentials. However, 

this approach introduces complications due to the generation of parasitic signals, 

which result from the oxidation of various easily oxidizable compounds. This 

limitation emphasizes the superiority of Prussian Blue for selective H₂O₂ 

detection, particularly in environments where oxygen is present. In the potential 

range optimal for sensor operation (around 0.00 V vs. Ag|AgCl), the reduction 

current of hydrogen peroxide on Prussian blue-modified electrodes is 400–600 

times higher than that of oxygen reduction. The selectivity values obtained, 

ranging from 400 to 600 (as shown in Tab. 2.1), are also three orders of magnitude 

greater than those of conventionally used platinum. Because of this high catalytic 

activity and selectivity, which are comparable to biocatalysis, Prussian blue has 

been termed an artificial enzyme. 

Consequently, PB and PB-based composites have been extensively researched 

and commonly utilized in the construction of sensors for hydrogen peroxide 

detection. O'Halloran et al. [46] incorporated PB microparticles into carbon ink, 

while Mattos et al. [49] modified Au and Pt screen-printed electrodes with 

electrochemically deposited PB. Ricci et al. [45] enhanced the graphite ink-based 



 

68 

 

screen-printed electrode surfaces within situ chemically synthesized PB, resulting 

in improved sensor lifespan and pH stability.  

Taking advantage of the recent developments in nanotechnology, PB-based H₂O₂ 

sensors have been further enhanced with the incorporation of nanomaterials. For 

example, Li et al.  [50] developed an amperometric biosensor by grafting PB 

nanoparticles onto a polymeric matrix composed of multiwalled carbon nanotubes 

(MWCNTs) and poly(4-vinylpyridine) (PVP). The MWCNT/PVP/PB composite 

films were created by casting MWCNTs wrapped with PVP onto gold electrodes, 

followed by electrochemical deposition of PB. This modified electrode exhibited 

significantly increased sensitivity of 1.3 μA μM⁻¹ cm⁻² and a detection limit of 25 

nM, attributed to the synergistic effects of MWCNTs and PB. Further, Du et al. 

[51] fabricated a porous PB–MWCNT film via electrochemical co-deposition, 

which demonstrated a higher response current to H₂O₂ reduction, achieving a 

sensitivity of 856 μA mM⁻¹ cm⁻² and a detection limit of 23 nM.  

 

2.4 Electrode modified with reduced Graphene Oxide and Gold 

Nanoparticles for Uric Acid Detection in Sweat 

As mentioned previously, the second electrochemical sensor developed in this 

thesis consists of a chip with three gold working electrodes, each modified 

according to the analyte to be detected. One of these electrodes was modified 

through the electrodeposition of reduced Graphene Oxide and gold nanoparticles 

(rGO-AuNPs) to detect uric acid in sweat.  

 

2.4.1 Advances in Graphene and Graphene Oxide: Structural Models, 

Synthesis Methods and Nanocomposite Applications 

Graphene, a two-dimensional carbon sheet with sp² hybridization, has gained 

significant attention recently due to its exceptional electrical, optical, and 

mechanical properties, along with its potential applications in various fields such 



 

69 

 

as electronics, supercapacitors, sensors, and composite materials. Graphene oxide 

(GO) represents the oxidized form of graphene (Fig. 2.9) and is recognized as a 

crucial precursor for the large-scale production of graphene. This concept has its 

origins in the early work of Sir Brodie, an English chemist who first described the 

oxidation of graphite centuries ago [52]. Graphene's structure consists of sp² 

hybridized carbon atoms arranged in a honeycomb lattice, endowing it with a 

large surface area and exceptional mechanical, electrical, and thermal properties.  

 

 

Figure 2.9: Conversion of Graphene to Graphene Oxide and Reduced Graphene Oxide [53]. 

 

Despite these impressive characteristics, single-layer graphene faces limitations 

in practical applications due to challenges in creating well-ordered, large-scale 

structures. In contrast, GO has seen significant progress in both research and 

industrial applications over recent decades. GO is a non-stoichiometric compound 

consisting of carbon, oxygen, and hydrogen in varying proportions, which depend 

heavily on the specific processing methods employed [54] . The chemical 

exfoliation process introduces numerous oxygen-containing functional groups 

into the graphene structure, including epoxides, carbonyls (C=O), hydroxyls (-

OH), phenols, and occasionally organosulfate groups. These functional groups 

disrupt the otherwise stable graphene lattice, leading to various defects such as 

vacancies and holes. These defects are randomly distributed across GO's 

hexagonal lattice, resulting in a material with unique properties and a broad range 

of potential applications. The defect-rich nature of GO enhances its versatility and 

scalability, enabling its use in a variety of applications, including graphene-like 
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materials, functionalized polymer composites, sensors, photovoltaic devices, 

membranes, and purification systems. However, the precise structure of GO 

remains a subject of ongoing debate, with numerous models proposed in the 

literature [55] (Fig. 2.10). 

 

Figure 2.10: Summary of several older structural models of GO [56].  

 

The Lerf-Klinowski (L-K) model (Fig. 2.11) is widely accepted, particularly for 

moderately oxidized GO samples [54]. Lerf and Klinowski have characterized 

GO using ¹³C and ¹H nuclear magnetic resonance (NMR) spectroscopy. They 

identified signals corresponding to epoxide groups and aromatic structures and 

depicted GO with a nearly flat carbon lattice with regions of unoxidized aromatic 

rings and areas with aliphatic six-membered rings.  

In recent years, Liu et al. [57] confirmed aspects of earlier models, particularly 

the L-K model, by providing experimental evidence of oxygen bonding within 

GO. From 1939 to 2018, the L-K model has remained the most widely accepted 

framework due to its broad applicability and ability to incorporate new findings. 
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Successive models like the Rourke-Wilson and Dimiev-Alemany-Tour have built 

upon this foundation, advancing the understanding of GO's structure. Despite the 

evolution of these models, the distinctive two-dimensional structure of GO has 

consistently been recognized as its key characteristic, laying the groundwork for 

extensive research.  

 

Figure 2.11: Structural model of graphene oxide (GO) proposed by Lerf-Klinowski (L-K model) [58]. 

 

However, one of the major challenges in the practical use of graphene is its 

tendency to irreversibly agglomerate, which significantly diminishes its 

effectiveness. To address this issue, the introduction of metal nanoparticles was 

initially suggested to help separate graphene sheets. Incorporating metal 

nanoparticles onto graphene sheets effectively prevents agglomeration and offers 

a viable method for creating new catalytic materials. Traditionally, graphene-

metal nanocomposites were made through chemical or thermal reduction 

processes, which required mixing graphene with metallic precursors. These 

methods often involved toxic chemicals, such as hydrazine hydrate, and required 

high temperatures, making them complex and time-consuming [59]. Recently, 

electrochemical reduction of graphene oxide has emerged as a promising method 

for synthesizing graphene films due to its simplicity, speed, and environmentally 

friendly process. This process usually involves two primary steps: first, depositing 

GO onto electrodes through techniques like dip-coating or drop-casting, and 

second, undergoing electrochemical reduction. A newer technique allows for the 
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immersion of GO-coated electrodes in a metal precursor solution, facilitating a 

one-step co-electrochemical reduction that results in graphene–metal 

nanocomposite films. However, these traditional methods of graphene synthesis 

have certain limitations, including a lack of control over film thickness and 

insufficient separation of graphene sheets by metal nanoparticles, as the NPs often 

remain on the surface of the graphene films [60]. Recently, it was demonstrated 

that GO in solution can be directly electrochemically reduced on an electrode 

surface with a one-step co-electrodeposition of graphene–metal composite films. 

In this process, both the reduction of GO and the metal can occur simultaneously 

under cathodic conditions. The resulting composites exhibit a layered 

nanostructure, with alternating layers of metal nanoparticles and graphene sheets. 

This structure not only prevents graphene agglomeration but also enhances the 

conductivity of the graphene film [61].  

Composites that combine graphene with metal nanostructures demonstrate 

improved performance due to their synergistic effects, surpassing the capabilities 

of either nanoparticles or graphene on their own. Noble metal nanoparticles, 

including silver (Ag) and gold (Au), are known for their distinct chemical and 

physical properties, which encompass electronic, optical, magnetic, and catalytic 

features. Their nanoscale size and remarkable sensitivity make them particularly 

valuable in the development of electrochemical sensors, where they enhance 

electron transfer processes on electrocatalytic surfaces [62].  

 

2.4.2 Synthesis of Gold Nanoparticles in Graphene-Based Nanocomposites 

Gold nanoparticles (AuNPs) are recognized for their strong light absorption, 

remarkable stability, and excellent conductivity, making them highly effective for 

biosensing applications, such as enzyme detection and immunosensors. In the 

synthesis of graphene-metal nanocomposites via co-electrodeposition, ensuring a 

uniform distribution of exfoliated GO and metallic precursors is essential for 

optimal performance. Positively charged metal ions such as Cu²⁺, Ni²⁺, and Zn²⁺ 
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were found to cause agglomeration of GO sheets due to crosslinking effects [63]. 

Conversely, negatively charged metallic precursors coexist well with GO, 

forming stable colloidal dispersions. In some works [59], HAuCl₄ was selected as 

the model precursor for synthesizing graphene–gold (Au) composite films. The 

CV for the electrolysis of GO with HAuCl₄ exhibited a significantly different 

pattern compared to that of GO alone, with much larger reduction currents. The 

progressive increase in current suggested persistent deposition of conductive 

materials, implying that graphene and Au were simultaneously deposited on the 

electrode. To confirm this, the resulting electrodes were cycled in 0.5 M H₂SO₄, 

and the redox behavior was analyzed.  

The presence of intercalated AuNPs in the film acted as electron-transfer 

channels, improving the overall conductivity of the film and preserving the 

surface area of the graphene sheets by preventing agglomeration. In addition, the 

AuNPs helped to bridge the graphene sheets, further enhancing electron transfer 

and stabilizing the layered structure. Liu et al. [59] demonstrated that the AuNPs 

were confined to the graphene sheets, without scattering, suggesting a strong 

interaction between the two materials. This can be attributed to the residual 

oxygen functional groups on the graphene sheets, which acted as anchoring points 

for immobilizing the Au NPs.  

The direct formation of graphene and graphene–metal composite films on the 

electrode surface makes them highly suitable for electrochemical applications.  

 

2.4.3 Uric Acid Detection Using rGO-AuNPs Nanocomposites: Catalytic 

Electroactivity and Performance 

The simultaneous detection of dopamine (DA), ascorbic acid (AA), and uric acid 

(UA) is gaining increasing attention due to the need for precise, rapid, and reliable 

analysis in biological and clinical diagnostics. AA, known for its potent 

antioxidant properties, is vital in the treatment of conditions like the common 

cold, scurvy, cancer, and AIDS, and plays a role in various physiological 
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processes [64]. DA is a critical neurotransmitter involved in the central nervous, 

renal, and cardiovascular systems, with deficiencies leading to severe disorders 

such as schizophrenia, Parkinson's disease, and epilepsy [65]. UA, the final 

product of purine metabolism, is linked to conditions such as hyperuricemia, gout, 

and kidney stones when found in abnormal levels [66]. 

In biological systems like human serum and urine, AA, DA, and UA typically 

coexist, making their simultaneous detection essential for diagnosing diseases and 

understanding their physiological roles. Various modified electrodes, including 

those incorporating nanoparticles and functionalized graphene, have emerged as 

promising solutions for overcoming these limitations. These advanced materials 

enable the simultaneous and selective detection of AA, DA, and UA by enhancing 

electron transfer, reducing peak overlap, and improving overall sensitivity, 

contributing significantly to more accurate diagnostics and monitoring of related 

health conditions [67]. 

Wang et al. [68] proposed using AuNPs to modify the surface of rGO for 

simultaneous detection. In this method, a glassy carbon electrode (GCE) was first 

electrochemically modified in two steps: the reduction of graphene oxide (GO) to 

rGO, followed by the deposition of AuNPs from a solution of HAuCl₄. This 

electrode successfully detected DA, AA, and UA simultaneously, with detection 

limits (LODs) of 1.4 μM for DA, 51 μM for AA, and 18 μM for UA. However, 

the simultaneous increase of all analytes during testing limited the full evaluation 

of potential interferences, leaving some questions about selectivity under real-

world conditions. To further address these challenges, Tiğ et al. [69] proposed a 

composite material consisting of AuNPs, GO, and poly(2,6-pyridinedicarboxylic 

acid) (P(PDA)) for simultaneous detection. They first modified the GCE with 

AuNPs via electrochemical deposition, followed by electrodeposition of a 

P(PDA)-GO film onto the AuNP-modified surface. This configuration led to the 

clear differentiation of DA, AA, and UA peaks with separations of 0.161 V (AA-

DA), 0.336 V (AA-UA), and 0.175 V (DA-UA), which indicated that the 
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modified electrode successfully reduced peak overlap and enhanced the selective 

detection of each analyte. 

These advances in electrode materials illustrate promising approaches toward the 

simultaneous detection of DA, AA, and UA, with improved selectivity and 

sensitivity enabled using AuNPs and functionalized graphene composites. 

 

2.5 Electrode modified with Silver for Chlorides Detection in 

Sweat 

The other gold working electrode of the chip was modified through the 

electrodeposition of silver to detect chlorides in sweat.  

 

2.5.1 Advances in the Synthesis of Silver Based-Electrochemical Sensors  

Silver nanoparticles (AgNPs) are among the most widely utilized nanoparticles, 

primarily because of their remarkable catalytic, electronic, chemical, magnetic, 

optical, and electrochemical characteristics [70].  These nanoparticles can be 

synthesized through a variety of methods, including chemical, physical, 

biological, and mechanical approaches. Chemical and biological methods, in 

particular, rely on reducing Ag+ to Ag0 using appropriate reducing agents [71]. 

Chemical synthesis is the most used approach for producing silver nanoparticles. 

The foundational work in this area was carried out in 1951 when J. Turhevich 

introduced a method for synthesizing gold nanoparticles by reducing chloroauric 

acid with trisodium citrate [72]. This technique was later adapted for the synthesis 

of silver nanoparticles. To successfully synthesize silver nanoparticles in a batch 

process, a metal salt as the nanoparticle precursor, a reducing agent, and an 

encapsulating agent are required. Given that silver has a relatively high 

electropositive reduction potential (E° = + 0.799 V), a broad range of chemicals 

can act as effective reductants. Silver salts such as acetate or perchlorate can be 

used as precursors, but silver (I) nitrate is by far the most common due to its 
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affordability and chemical stability. Additionally, polymers, simple ions, and 

surfactants are frequently cited in the literature as effective nanoparticle 

protectants. These compounds attach to the surfaces of silver nanoparticles via 

covalent (chemisorption) or non-covalent (physisorption) interactions, which 

assist in dispersing the nanoparticles by means of electrostatic repulsion, steric 

hindrance, or a combination of both mechanisms. The characteristics of the silver 

nanoparticles, including their size, shape, and distribution, can be regulated by 

adjusting factors such as the silver precursor, reducing agent, stabilizing 

compound, temperature, pH, and the duration the chemical reduction process 

[73]. 

Unlike the chemical methods mentioned earlier, electrochemical synthesis (Fig. 

2.12b) does not require the introduction of toxic chemicals into the reaction, 

resulting in nanoparticles of high purity. This makes the electrochemical approach 

consistent with green chemistry principles [74]. The potential applied, current 

density, precursor concentration, and deposition time all play crucial roles in 

determining the size, shape, and uniformity of the particles on the sensing surface 

[75]. There are significant advantages, including the absence of unwanted by-

products, no need for chemical oxidants or reductants, a shorter synthesis time, 

and the elimination of the need for a binder, which is often necessary in drop-

casting (Fig. 2.12a) procedures to secure the particles [76]. Other techniques 

commonly used for AgNPs synthesis are the spray coating and the sputtering (Fig. 

2.12c-d). Although spray coating can be automated and the nozzle properties 

controlled, this method consumes significant material and is typically a one-sided 

coating process [77]. The advantages of sputtering include precise control over 

the deposition rate and film thickness, the ability to use high-purity targets, and 

its applicability to insulating materials. However, sputtering has a slow deposition 

rate and requires expensive equipment [78].  

 



 

77 

 

 

Figure 2.12: Schematic illustration of the main Ag deposition methods.a) Drop casting b) 

Electrodeposition c) Spray coating d) Sputtering. 

 

2.5.2 Catalytic Performance of Silver-Based Electrochemical Sensors for 

Chloride Ions Detection 

Detecting chloride ions is essential in many areas, including clinical diagnostics, 

environmental monitoring, and industrial applications. In the field of medical 

diagnostics, the transport of chloride ions plays a crucial role in various 

physiological processes, and any disruption in this transport can result in 

significant health issues. A prominent example is cystic fibrosis (CF), a genetic 

disorder that affects chloride transport across epithelial membranes, leading to 

serious complications. In CF diagnosis, the standard method involves measuring 

chloride concentrations in sweat. Additionally, chloride ion levels in sweat during 

physical activity can predict the onset of muscle cramps when the concentration 

decreases significantly. In environmental monitoring, chloride ion detection is 

important for assessing water quality, as elevated chloride levels can indicate 

contamination or salinity changes in freshwater systems. Excessive chloride in 

water can also lead to pipe corrosion and affect disinfection processes in natural 
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water systems by reducing the efficacy of silver-embedded porous media against 

bacteria like Escherichia coli. Several electrochemical sensors have been 

developed for selective chloride ion detection in clinical, environmental, and 

industrial settings [79].  

Among electrochemical sensors for chloride ions determination, both 

amperometric and potentiometric sensors have been developed using electrodes 

made from silver due to these materials' high affinity for chloride ions. The 

formation of silver chloride (AgCl) on a silver substrate in a chloride-rich 

environment has been extensively studied due to its relevance in various 

applications. For instance, Toh et al. [80] also employed disposable electrodes 

incorporating AgNPs, achieving a similar LOD of 1 mM, demonstrating their 

practicality in real-world diagnostics. Furthermore, AgNPs have been integrated 

into metal-organic frameworks to develop chloride ion sensors with excellent 

stability, reproducibility, selectivity, and a wide linear detection range with a low 

LOD. Patella et al. [81] realized an electrochemical sensor for chlorides detection 

from the silver layer of waste of new CDs. Chloride ions detection was performed 

using Linear Scan Voltammetry (LSV) with the sensors exhibiting a sensitivity 

of 0.174 mA mM−1 cm−2 and a detection limit of 20 μM, along with excellent 

selectivity against numerous potential interfering substances. This 

electrochemical sensor was further validated using real samples, including 

drinking water, seawater, milk, sweat, and physiological solutions, with results 

comparable to conventional methods.  

 

2.6 Electrode modified with Nickel NanoParticles for Glucose 

Detection in Sweat 

The last gold working electrode of the chip was modified through the 

electrodeposition of Nickel NanoParticles (NiNPs) to detect glucose in sweat.  
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2.6.1 Nickel Nanoparticles: Properties and Synthesis 

NiNPs have attracted significant attention for its remarkable properties and 

affordability relative to noble metals, making it suitable for a wide range of 

applications. With the rapid progress in materials science and nanotechnology, 

nickel nanoparticles have become a significant research focus, offering new 

opportunities for custom material design and innovative applications. Compared 

to other magnetic nanoparticles, NiNPs show considerable potential as catalysts 

in reactions and as additives in coatings, plastics, and fibers. Due to nickel's 

relative abundance in the Earth's crust, it is more cost-effective than many metals 

used as catalysts [82]. The distinctive properties of nickel nanoparticles, 

influenced by their size, include enhanced reactivity, a larger surface area, 

elevated surface energy, strong magnetic characteristics, and a lower melting 

point. These traits promise advancements in fields such as catalysis, medicine, 

and electronics [83].  

For the synthesis of nanoparticles, crucial is the choice of nickel salt and reducing 

agent. The concentration of the precursor is crucial for controlling nanoparticle 

size and morphology. By adjusting the concentration, one can promote the 

formation of complex structures such as nanoflowers, spiky nanospheres, and 

spiky nanowires, as well as influence the overall size of the nanoparticles [84].  

The selection of a reducing agent is pivotal in determining the size, shape, and 

characteristics of the nanoparticles produced. Reducing agents are classified into 

three categories based on their reduction potential strength: strong, medium, and 

weak. Strong reducing agents involve the simultaneous formation of numerous 

growth species, resulting in the rapid creation of small, uniform nanoparticles 

typically smaller than 10 nm. Medium-strength reducing agents offer a moderate 

reduction potential and reaction rate. This results in nanoparticles with sizes 

around 70 nm and various morphologies. Weak reducing agents have lower 

reduction potentials and slower reaction rates. These agents are often used for the 

gradual reduction of metal ions, which leads to a slower nucleation and growth 
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process. As a result, weak reducing agents require longer reaction times to convert 

all precursors, which can lead to the formation of larger nanoparticles [83]. 

 

2.6.2 Nickel-Based Electrochemical Sensors for Non-Enzymatic Glucose 

Detection: Mechanisms and Advancements 

Nickel-based materials are frequently used in glucose catalysis, as demonstrated 

by Fleishman et al. [85], who found that nickel can partially electro-oxidize 

organic substances in alkaline conditions (Fig. 2.13). The oxidation of glucose 

(Eq. 2.7) takes place on the surface of nickel-based materials, involving electron 

transfer with the oxidation of Ni⁰ to Ni²⁺ (Eq. 2.5), followed by further oxidation 

to Ni³⁺ in the next step (Eq. 2.6):   

Ni + 2OH- → Ni(OH)2 + 2e-  (2.5) 

Ni(OH)2 + OH- → NiOOH + H2O + e- (2.6) 

So, Ni³⁺ generated on the surface of the electrode, quickly oxidizes glucose to 

glucolactone: 

NiOOH + glucose → Ni(OH)2 + glucolactone  (2.7) 

 

 

Figure 2.13: Sensing mechanism for glucose oxidation by NiNPs. 
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Lu et al. [86] used commercially available nickel foam (NF) directly as the 

working electrode for glucose detection. The sensor exhibited a linear detection 

range from 0.05 to 7.35 mM, with a detection limit of 2.2 μM, making it one of 

the simplest electrochemical glucose sensors based on nickel materials. Various 

nanostructures of Ni-based compounds, including flower-like, sheet-like, needle-

like, and spike-like morphologies, have been developed to enhance the analytical 

performance of non-enzymatic glucose sensors [87]. Başkaya et al. [88] 

developed a  functionalized multi-walled carbon nanotube (MWCNT)-supported, 

highly monodisperse nickel nanoparticles (Ni@f-MWCNT) were synthesized 

using a microwave-assisted method and modified on a glassy carbon electrode 

(GCE) for non-enzymatic glucose sensing. The sensor exhibited a wide linear 

range of 0.05–12.0 mM and an impressive detection limit of 0.021 μM. Bui et al. 

[89] created Zn-doped Ni(OH)₂ nanosheets attached vertically to a 3D framework 

(3DF) for non-enzymatic glucose detection. This setup improved charge 

conductivity, increased sensing stability, and prevented nanosheet exfoliation. 

The Zn doping introduced structural defects in the Ni(OH)₂, which provided more 

electroactive sites and accelerated the glucose electro-oxidation process.  

 

2.7 Conclusions 

This chapter presented a discussion of the materials used in the development of 

the innovative electrochemical sensors realized in this research work. The first 

sensor, designed for real-time hydrogen peroxide detection in exhaled breath, was 

fabricated using silver obtained from compact discs, with additional modification 

using chitosan and Prussian Blue nanoparticles to enhance its sensitivity and 

functionality. This approach demonstrates the potential of utilizing recycled 

electronic materials for biomedical applications, addressing both environmental 

and economic concerns associated with electronic waste. To address the 

challenges related to the absence of liquid electrolytes, absorbent materials like 

biopolymers and paper were employed to retain moisture effectively. Among 
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these, chitosan, a natural biopolymer derived from chitin found in sources like 

crustaceans and fungi, stands out due to its solubility in weak acids, unlike the 

chitin that is generally insoluble. Sensors using chitosan have demonstrated 

potential in detecting gases like hydrogen peroxide and tracking respiratory 

patterns, offering promise for non-invasive health monitoring. Additionally, the 

electrodeposition of Prussian Blue nanoparticles was applied to improve the 

sensor’s sensitivity in detecting hydrogen peroxide from exhaled breath. The 

excellent electrocatalytic activity of Prussian Blue, especially for reducing 

hydrogen peroxide, makes it an ideal modifier for electrodes in sensors aimed at 

detecting trace levels of this compound. 

The second electrochemical sensor, a wearable device for the detection of uric 

acid, chlorides, and glucose in sweat, employed gold electrodes, each modified 

with specific materials to target different analytes. The co-deposition of reduced 

graphene oxide and gold nanoparticles enabled efficient uric acid detection, while 

silver and nickel nanoparticles were used for chloride and glucose sensing, 

respectively. These modifications provided excellent electrocatalytic properties, 

leading to high sensitivity and stability across a broad range of conditions.  
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3. Fabrication and Validation of an Electrochemical 

Sensor for Hydrogen Peroxide Detection in Exhaled 

Breath 

Given the significant economic and social impact of respiratory diseases, a 

monitoring process involving periodic testing is required to enhance service 

delivery processes. Currently, routine monitoring programs are not recommended 

for individuals without apparent symptoms, leading to many cases going 

undiagnosed or being identified at more advanced stages, thereby reducing the 

potential for effective treatment. In this context, this chapter focuses on 

developing and validating a novel wearable electrochemical sensor that could be 

integrated into a face mask to monitor hydrogen peroxide (H2O2) in Exhaled 

Breath (EB). Two different sensors were studied with and without Prussian Blue. 

These sensors can detect hydrogen peroxide levels in real-time, thus it could help 

improve diagnostic techniques by offering valuable information on respiratory 

health and overall physiological conditions. 

 

3.1 Introduction 

3.1.1 The Role of Oxidative Stress in Disease Pathogenesis 

Oxidative stress is a multicausal process of several negative influences on the 

body at different levels by different modalities. It is commonly described as an 

imbalance between pro-oxidants and antioxidants. This is seen when the body 

produces more Reactive Oxygen Species (ROS) than its natural antioxidant 

neutralization capability. Several chemicals take part in this oxidative balance that 

is controlled by redox pathways. It, therefore, causes several intracellular signals 

due to the oxidative stress causing cell death or uncontrolled cell growth [1] 

(Fig.3.1). Reactive species (RS) derived from oxygen (ROS) and nitrogen (RNS) 

have been extensively studied, but recent research has identified new radical 
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species based on chlorine (RCS), bromine (RBS), and sulfur [2]. All these lead to 

the development of hypertension, diabetes, aging, and chronic inflammation, 

causing various diseases like Alzheimer, Parkinson, glaucoma, atherosclerosis, 

and Chronic Obstructive Pulmonary Disease (COPD). Since oxidizing damage 

plays a huge role in the development of such conditions, treatments aimed at 

reducing oxidative stress may protect patients and therefore offer therapeutic 

benefits to them [3]. 

 

 

Figure 3.1: Schematic process of oxidative stress of cell.  

 

In normal conditions, ROS act as key second messengers in cell signaling 

pathways that help cells stay balanced with the external environment. But when 

ROS levels get too high, they damage biological molecules without 

discrimination, leading to cell malfunction and death. Biomolecules within living 

organisms are highly susceptible to oxidative stress, as ROS are generated from 

molecular oxygen during regular cellular metabolism. ROS can be categorized 

into two distinct groups: free radicals and non-radicals. Free radicals have one or 

more unpaired electrons, making them very reactive. While both groups exhibit 

important chemical differences, they share similar mechanisms in causing 

damage at the biomolecular level. The free radical group of ROS includes the 

superoxide anion (O₂•⁻), hydroxyl radical (OH•), and hydroperoxyl radical 

(H₂O•). In the non-radical group, hydrogen peroxide (H2O2) is the main species. 
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Despite their typically short half-life, ROS have long been recognized for playing 

dual roles in biological systems [4].  

 

3.1.2 Exhaled Breath Analysis: A Non-Invasive Approach to Health   

Monitoring 

EB is a human sample of high interest for researchers since it can give insight into 

several health issues. Among all the biological fluids, breath can offer non-

invasive diagnostic data. It provides a window to the internal condition of the 

organism by containing key indicators concerning physiological and pathological 

conditions [5], [6]. In this context, the aerosol phase of the breath refers to liquid 

droplets, usually in the micrometer range, suspended in a gaseous medium 

comprised mainly of air. The use of EB as a medium for diagnosing diseases is 

not new [7], [8], [9]. Doctors began using breath as a diagnostic tool as early as 

300 A.D., linking certain odors to various diseases [6]. For example, a sweet, 

fruity breath odor has long been recognized as an indicator of diabetes, while a 

fishy smell is linked to kidney dysfunction. These early observations laid the 

groundwork for the modern analysis of EB, though it wasn’t until nearly two 

millennia later that chemical analysis of breath began to take shape. In the late 

18th century, the chemical composition of EB was first systematically studied by 

Antoine Lavoisier and Linus Pauling. Their pioneering work revealed over 200 

distinct compounds in human breath [10]. Since then, breath analysis has become 

a field of intense scientific interest, revealing the presence of various biomarkers, 

including volatile organic compounds (VOCs), hydrogen peroxide (H2O2), 

ammonia (NH3), nitric oxide (NO), insulin resistance indicators, and even glucose 

[11], [12], [13]. These compounds provide rich data about metabolic processes 

and disease states. 

One of the most important components of EB is hydrogen peroxide because it is 

associated with different conditions. The formation of hydrogen peroxide in 

healthy subjects is a continuous process within the mitochondrial respiratory 
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chain, where electron transport results in a reduction of oxygen. The rate of 

oxygen consumption controls the rate of the production of H2O2 [14]. The cellular 

concentration of steady-state H2O2 has been estimated to be 10-30 micromoles 

per liter under physiological conditions. Hydrogen peroxide is produced through 

the catalyzing action of a wide variety of enzymes, which include xanthine 

oxidase, cytochrome P450, and flavoenzymes [5]. One important limitation to the 

use of H2O2, however, as a biomarker of oxidative stress is great variability among 

healthy individuals. While the normal range of H2O2 in EBC ranges from 0.01 to 

0.09 μmol/L, the real value is influenced by different factors such as age and 

smoking status, wherein smokers may reach higher values. Indeed, some studies 

report values highly superior to this (2.4 ± 1.7 μmol/L) or inferior to this in healthy 

subjects [15]. 

Bronchial asthma and COPD are the most common diseases related to EBC H2O2 

levels. These disorders, featuring airway inflammation, have indeed shown 

increased levels of H2O2, therefore making EBC a useful tool when investigating 

these conditions. Other respiratory diseases that are explored about EBC H2O2 are 

Acute Respiratory Distress Syndrome (ARDS), cystic fibrosis, idiopathic 

pulmonary fibrosis, tuberculosis, and community-acquired pneumonia [5]. One 

of the first investigations into H2O2 levels in EBC in COPD patients was 

conducted by a Dutch research group [16]. Their study showed that COPD 

patients exhaled significantly higher levels of H2O2 compared with healthy 

subjects. In a rather interesting development, in asymptomatic smokers at risk for 

COPD, H2O2 was present in higher and more frequent levels than in controls, thus 

pointing out that the marker may be linked to an early risk of disease [17]. 

Given this range of biological information available from breath, EB analysis 

represents a rapidly developing non-invasive approach to disease diagnosis and 

therapeutic monitoring. Conventional methods for EB collection involve cooling 

breath samples with ice or liquid nitrogen to condense the breath into Exhaled 
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Breath Condensate (EBC). This EBC can then be analyzed in specialized 

laboratories, although this method has limitations (Fig. 3.2).  

 

 

Figure 3.2: Exhaled breath analysis for health monitoring and disease detection [18]. 

 

Since EBC collection requires cooling and laboratory equipment, real-time breath 

analysis in clinical settings remains a challenge [19]. In the last years, 

nevertheless, various researchers have been working on different technologies 

that could skip the condensation stage and directly analyze the breath without the 

use of EBC. Among the main developments in this direction are advanced 

electrochemical sensor systems enabling real-time in situ monitoring of different 

biomarkers and indicators in the breath. 

For a correct operation, the three electrodes of the electrochemical sensor must 

maintain electrolytic contact with one another [20]. This requirement poses a 

challenge for direct breath analysis due to its gaseous nature. As a result, most 

electrochemical sensors used in breath research still rely on the analysis of EBC 

rather than the breath aerosol itself [21]. However, progress has been made in 

addressing this issue. Researchers have explored using absorbent materials, such 

as paper and biopolymers, to trap the aerosol phase of breath, including its high 

humidity content [22]. These materials can effectively humidify and bring the 

electrodes into electrolytic contact, ensuring the analysis of breath components 

without condensation. 
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3.2 Materials and Methods 

3.2.1 Sensor Fabrication  

Sensors were fabricated by mechanically peeling off the silver layer from compact 

discs (CDs) using double-sided tape [23]. A three-electrode configuration was 

obtained with a laser cutter (Maitech MT-5030W50), with the spacing between 

the electrodes optimized to 0.25 mm (Fig. 3.4). Sensors were then fixed on a 

flexible acetate sheet, and external contacts were made using copper tape. For the 

reference electrode (RE), an Ag/AgCl paste was applied to produce a pseudo-

reference electrode (pseudo-RE), while a graphite layer was added to the counter 

electrode (CE). The silver working electrode (WE) was not modified. Both the 

Ag/AgCl and graphite pastes were cured in an oven at 50°C for 30 minutes. 

A layer of chitosan, acting as an absorbent material to improve contact between 

electrodes and electrolyte, was then deposited on the three electrodes. Chitosan 

was deposited at room temperature using the Electrophoretic Deposition (EPD), 

a very simple and low-cost method [24]. Chitosan, soluble at pH less than 6.5 

[25], was dissolved at 5 g L-1 in 0.3 M lactic acid at 50 °C [26]. The sensor (with 

its three short-circuited electrodes) and a platinum mesh were immersed into the 

chitosan solution. For the electrodeposition, a potential of 10 V was applied for 

30 min. Fig. 3.3 shows the several steps involved in sensor fabrication. 

 

 

Figure 3.3: Sequence of steps for sensor fabrication: a) double-sided is applied to the CD, 

b) the silver layer is removed from the CD, c) the electrodes are cut by a CO2 laser, d) the 

graphite paste is applied on the CE and e) the Ag/AgCl paste on the pseudo-RE. After drying in 

the oven, f) chitosan film is deposited on the surface sensor by EPD. 
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Fig. 3.4 illustrates a sensor after the full manufacturing process has been 

completed. 

 

 

Figure 3.4: Photo of the final sensor: a) pseudo-reference electrode coated with Ag/AgCl, b) 

Ag working electrode, c) graphite counter electrode, and d) acetate support substrate.  

 

Fig. 3.5 summarizes the main layers that each of the three electrodes is made of. 

 

 

Figure 3.5: Representative scheme of the multi-layered electrochemical sensor. 

 

To increase the ability of the electrochemical sensor to detect hydrogen peroxide 

in the aerosol phase, further modifications were implemented. Specifically, the 

working electrode was modified through the electrodeposition of Prussian Blue 

NanoParticles (PBNPs) before the chitosan deposition. This modification was 

aimed at detecting the trace concentrations of hydrogen peroxide typically present 

in exhaled breath. By integrating Prussian Blue, known for its high 
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electrocatalytic activity toward hydrogen peroxide reduction, the sensor’s 

performance was optimized for more accurate detection of these small 

concentrations, making it suitable for non-invasive respiratory monitoring 

applications. To ensure the stability of the WE and prevent the oxidation of silver 

during subsequent Prussian Blue electrodeposition, the electrode was sputtered 

with a thin gold layer. As an alternative to gold sputtering, the working electrode 

can be directly obtained from the gold layer of a CD. The deposition of Prussian 

Blue nanoparticles was achieved through Pulsed Electrodeposition [27]. It was 

performed using a platinum wire as CE and an Ag/AgCl electrode as RE, by 

applying a potential of 0.4 V for 20 s followed by 0.7 V for 10 s over a total time 

of 300 s (10 cycles). The electrodeposition solution contained 10 mM FeCl3, 10 

mM K3[Fe(CN)6] [27], and 0.01% chitosan [28] in 0.1 M HCl/KCl. Finally, after 

the deposition, the Prussian Blue was electrochemically activated by running CVs 

in a potential window ranging from − 0.05 to 0.35 V vs Ag/AgCl at a scan rate of 

50 mV s⁻¹ in a solution containing 0.1 M HCl and 0.1 M KCl for 25 cycles. The 

electrode was finally dried at 100 °C for 30 min and then cooled down to room 

temperature in the dark [29]. Fig. 3.6 illustrates the sensor after this further 

modification. 

 

 

Figure 3.6: Photo of electrochemical sensor after PB electrodeposition on WE. 

 

After the modification of the WE with PBNPs, a layer of chitosan was deposited 

over the entire sensor surface using the same parameters as previously described. 

However, in this instance, the electrodeposition process was conducted in the 
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dark, as Prussian Blue is highly sensitive to light exposure, which could 

potentially affect its stability and electrochemical properties [30].  

 

 

Figure 3.7: Representative scheme of the modified electrochemical sensor. 

 

Fig. 3.7 summarizes the main layers that each of the three electrodes is made of 

after working electrode modification with Prussian Blue. 

 

3.2.2 Sensor Characterization and Performance 

Sensors were characterized using different techniques, including Field Emission 

Scanning Electron Microscopy (FESEM, FEI, QUANTA 200), Energy 

Dispersive Spectroscopy (EDS, AMETEK), X-ray Diffraction (XRD, RIGAKU, 

D-MAX 25600 HK), Raman Spectroscopy (RENISHAW, inVia RAMAN 

MICROSCOPE) and Fourier Transform Infrared analysis (FT-IR, IRTracer-100, 

SHIMADZU). All these characterizations were performed at various points on 

the sensor to study the uniformity of the fabrication process. 

Contact angle measurements were conducted to assess the wettability of the 

sensor surface using a Phosphate Buffer Solution (PBS, pH = 7.4) as the contact 

fluid. These measurements were performed with an FTA 1000 (First Ten 

Ångstroms, UK) instrument. Static contact angles were recorded on the WE area 
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both with and without the chitosan layer, as well as before and after the layer had 

swelled in PBS. For each measurement, 4 μL droplet of PBS was carefully placed 

on the sample surface using a micro-syringe, released from a height of 1 cm. The 

droplet images were captured after 10 seconds, and three droplets were measured 

for each sample to calculate the mean value of the contact angles. 

The electrochemical performance of the sensors was evaluated using a Cell Test 

System (Solartron, Mod. 1470 E), with data acquisition handled by MultiStat 

Software.  

Regarding the sensor without PB, the effect of the scan rate on H₂O₂ detection 

was investigated over a range from 10 to 500 mV s⁻¹ using a solution containing 

5 mM H₂O₂ in PBS. Sensor performance was evaluated through Linear Sweep 

Voltammetry (LSV) at a scan rate of 10 mV s⁻¹, within a potential range from - 

0.3 to -1 V versus Ag/AgCl. To evaluate the sensor sensitivity, liquid H₂O₂ 

solutions with concentrations ranging between 100 µM and 500 µM were 

prepared by diluting a stock solution of H₂O₂ (30%) in PBS. 

A cell fabricated using a Zortrax 3D printer was employed for characterizing the 

sensor in the liquid phase. To simulate the humid conditions of EB, LSV tests 

were repeated by nebulizing H₂O₂ solutions of varying concentrations using a 

commercially available nebulizer (P0111EM F400) at a constant flow rate of 0.15 

mL min-1. For aerosol-phase tests, the sensor was first immersed in PBS for 20 

minutes to ensure that the chitosan layer swelled. The nebulized H₂O₂ solutions 

were then exposed to the sensor for approximately 10 seconds, ensuring uniform 

wetting. Calibration curves were obtained by employing a baseline subtraction 

method, plotting peak current density against the corresponding H₂O₂ 

concentration.  

This sensor was employed to quantify H₂O₂ released by 16HBE cells in the culture 

medium. To simulate the EB environment, the culture medium was nebulized, 

and measurements were carried out in the aerosol phase. In addition, to evaluate 

the selectivity of the sensor, LSV tests were also performed in the presence of 
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interfering species. Different substances were selected because they are present 

in cell culture media or because they are produced by cells during growth. In 

particular, the interference towards NaCl, glucose, HEPES, NaNO₃, and lactic 

acid was tested. Each interferent was tested at a concentration 10 times higher 

than that of H₂O₂ to assess any interference. 

The performance of the sensor with PB was evaluated through 

Chronoamperometry (CA) at 0.05 V vs Ag/AgCl pseudo-RE [31]. A solution 

containing 0.1 M K2HPO4/KH2PO4 and 0.1 M KCl (pH = 7.4) was used as blank, 

adding increasing concentrations of hydrogen peroxide [32]. Initially, tests in the 

liquid phase were carried out on the modified WE before the deposition of 

chitosan to confirm its capability of detecting hydrogen peroxide concentrations 

below 10 µM, typical for exhaled breath samples. 

All tests were repeated at least three times, using fresh electrodes and solutions 

for each test. 

 

3.2.3 Cell Culture, Stimulation, and Flow Cytometry Analysis 

The tests described in this section were conducted in collaboration with the 

Institute of Translational Pharmacology (National Research Council) of Palermo 

and the Ri.MED Foundation. 

The immortalized human normal bronchial epithelial cell line, 16HBE, was 

cultured in Minimum Essential Medium (MEM). The cells were pre-treated with 

N-acetylcysteine (NAC) at a concentration of 1 mM for 2 h, followed by treatment 

with Formoterol (FORM) at 10⁻⁸ M for 30 min. After this pre-treatment, the cells 

were exposed to Cigarette Smoke Extract (CSE) at 20% for 24 h. CSE was 

prepared by burning two unfiltered cigarettes (3R4F, Kentucky, The Tobacco 

Research Institute, University of Kentucky) in 20 mL of PBS using a Watson-

Marlow 323 E/D peristaltic pump. The solution was filter-sterilized using a 0.22 

μm pore filter and was 100% CSE. 
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After stimulation, the culture medium was collected for H₂O₂ released using a 

sensor. Cells were also harvested to evaluate intracellular oxidative stress by 

flow cytometry using the Mito-SOX™ Red probe. 

In addition, Exhaled Breath Condensation (EBC) was collected by the Turbo 

DECCS System-Medivac, according to the procedure described by Galiniak et 

al. [33], which allows for the non-invasive collection of exhaled air condensate. 

The subjects inhaled at a tidal volume using a mouthpiece for 10 minutes 

without using a nose clip. The condensation temperature was set at -5.5°C. 

Immediately after collection, the EBC samples were centrifuged for 5 minutes 

at 1000 g and then frozen at -80°C until analysis. 

 

3.3 Results and Discussion 

3.3.1 Fabrication and Characterization of Sensor without PBNPs 

One of the main steps involved in the sensor fabrication process is the deposition 

of the chitosan layer by EPD. The process has been developed to realize a thin, 

homogeneous, and uniform chitosan film all over the sensor's surface. The main 

function of this chitosan layer is to absorb the aerosol phase from exhaled breath. 

Given the high humidity of the aerosol, the chitosan layer swells, creating 

electrolytic contact between the electrodes. So, hydrogen peroxide diffuses 

through this layer towards the surface of the working electrode, where it is 

detected. 

The EPD of chitosan occurs through a series of chemical reactions [34], [35]: 

Chit-NH₂ + H₃O⁺ → Chit-NH₃⁺ + H₂O (3.1) 

2H₂O + 2e⁻ → H₂ + 2OH⁻ (3.2) 

O2 + 2H2O + 4e- → 4OH- (3.3) 

Chit-NH₃⁺ + OH⁻ → Chit-NH₂ + H₂O (3.4) 

In reaction (3.1), the amine groups of the chitosan are protonated in the low pH 

environment. These positively charged macromolecules are then drawn towards 
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the cathode under the influence of an electric field. As reactions (3.2) and (3.3) 

occur [36], the local pH near the cathode rises, and when an interfacial pH value 

of about 6.5 (corresponding to the pKa of chitosan [37]), due to the 

electrochemical generation of hydroxide ions, leading to the deposition of 

insoluble chitosan, as described in reaction (3.4). Fig. 3.8 shows a schematic 

representation of chitosan EPD on the surface sensor. 

 

 

Figure 3.8: Schematic representation of the EPD process. 

 

The deposition process was optimized by varying parameters such as the chitosan 

solution concentration, deposition time, and applied potential. Tab. 3.1 

summarizes the experimental parameters used for optimizing chitosan deposition: 

 

          Table 3.1: Values of parameters explored for optimizing chitosan deposition. 

Parameter Value  

Solution Concentration / g L-1 1 and 5 

Deposition Time / s 1800 and 3600 

Deposition Potential / V 5 and 10 

 

The results showed that increasing the concentration of the chitosan solution and 

the applied potential led to a more compact and uniform film. However, extending 

the deposition time increased the film thickness, which could reduce the sensor's 
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sensitivity [38]. The optimized condition for chitosan deposition was identified as 

a concentration of 5 g/L with an electrodeposition time of 1800 seconds at 10 V. 

Once fabrication was completed, the sensor was characterized using several 

physical-chemical techniques. Fig. 3.9a presents SEM images of the Ag-based 

electrode before the electrochemical deposition of chitosan film. The metallic 

layer exhibited a series of parallel and uniformly structured silver tracks, 

measuring approximately 838 ± 17 nm in width [23]. The corresponding EDS 

spectrum (Fig. 3.9b) confirms the presence of elements such as carbon (C), 

oxygen (O), titanium (Ti), silicon (Si), sulfur (S), and calcium (Ca), which 

originate from the substrate (including the acetate substrate). 

 

 

Figure 3.9: a) SEM image of CD-peeled layer and corresponding b) EDS spectrum. 

 

The typical morphology of the chitosan film [39] is shown in Figure 3.10.  
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Figure 3.10: Chitosan layer before swelling: a) SEM image of WE area b) SEM image of the 

area between CE and WE c) tilted cross-sectional view of chitosan layer peeled from WE d) 

another cross-sectional view of chitosan film e) measurements of film thickness f) EDS spectrum 

of chitosan film on CD-peeled layer. 

 

In Fig. 3.10a, a highly wrinkled sponge-like morphology is evident, characterized 

by the presence of pores of varying sizes. This distinctive structure is attributed 

to the entrapment of hydrogen gas produced during the reaction (3.2) [40], [41]. 

Furthermore, Figure 3.10b confirms that the chitosan film is uniformly deposited 
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across the entire sensor surface, including the gap between CE and WE. This 

uniform coverage is a significant achievement, as it guarantees continuous 

electrolytic contact between the three electrodes essential for the sensor operation. 

To better analyze the internal morphology of the chitosan layer, it was peeled off 

from the working electrode area and the cross-section was prepared for detailed 

examination. The cross-sectional images (Fig. 3.10c-d) show that the pores that 

appear on the surface are a thinner area of chitosan. In Figure 3.10e, the SEM 

image of the cross-sectional view demonstrates a multilayered structure, with the 

thickness of the chitosan layer ranging from approximately 10 µm to 40 µm. The 

EDS analysis (Fig. 3.10f), reveals the presence of carbon (C) and oxygen (O), in 

confirmation of the deposition of chitosan. Other elements detected are attributed 

to the peeled CD layer used in the sensor fabrication [23].  

The deposited chitosan layer was further examined using an optical microscope. 

Fig. 3.11 shows the surface of each electrode before and after the chitosan layer 

underwent swelling in PBS. These images highlight changes in surface texture. 

The swelling process causes the surface roughness to smooth out, resulting in a 

more homogeneous gel-like layer. The swelling behavior is important for the 

sensor performance, as it facilitates the diffusion of the target analytes to the 

working electrode where detection occurs [42]. 
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Figure 3.11: Optical image of chitosan film on WE (a-b), CE (c-d), and RE (e-f) before and 

after swelling. 

 

In Fig. 3.12, the diffraction patterns of the CD-peeled layer before and after the 

deposition of the chitosan film were reported. By comparing the diffraction peaks 

with the ICDD database (card number 39-1894 for chitosan and 04-0783 for 

silver), the materials present on these surfaces were accurately identified [43].  
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Figure 3.12: XRD pattern of CD-peeled layer before and after the deposition of chitosan 

film (S = substrate). 

 

The red pattern corresponds to the CD-peeled layer before chitosan deposition. 

Distinct diffraction peaks at approximately 38.3° and 44.5° were observed, 

indicating the (111) and (200) planes of the face-centered cubic (FCC) structure 

of silver. Additional peaks, labeled "S", originate from the substrate of the CD-

peeled layer [23]. After the deposition of the chitosan film (black pattern) two 

broad and low-intensity peaks at approximately 9.6° and 19.8° were noted. These 

peaks correspond to the (020) and (110) planes of semicrystalline chitosan [34], 

[44], [45]. The appearance of these peaks highlights the formation of the chitosan 

layer. Interestingly, the chitosan film reduces the intensity of the peaks coming 

from the CD-peeled layer. In the inset of Figure 3.11, an enlarged view of the 

black pattern is provided, where the masked peaks from the CD-peeled layer can 

be weakly detected, indicating the effective coverage of the silver substrate by the 

chitosan layer.  

The sensor was also characterized by micro-Raman spectroscopy and FT-IR 

analysis. These analyses were performed on the three electrodes of the sensor to 

confirm the presence of the different materials. 
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Figure 3.13: a) Raman and b) FT-IR spectra collected after the chitosan electrodeposition.  

 

Fig. 3.13a presents the Raman spectra collected from the CE, WE, and RE. In the 

spectrum of the CE (CD-peeled layer/ graphite paste/ chitosan layer), all the 

Raman modes are attributed to graphite [46]. In particular, both the first-order 

(1328 cm-1 (D1 band) and 1577 cm-1 (G band)) and the second-order (2685 cm-1 

(2D band)) Raman bands are present. The weak defect-induced bands at 2437 

cm⁻¹ (G* band) and 2942 cm⁻¹ (D+G band) can be observed with low intensity 

[47]. Polymer fluorescence emission is also evident. In the working electrode 

(CD-peeled layer/ chitosan layer), despite strong fluorescence emission [48], 

several characteristic Raman modes of chitosan were identified (Table 3.2) [45], 

[49], [50], [51], confirming the presence of the polymer. These Raman bands do 

not appear in the CE spectrum, as they are hidden by the graphite bands. For the 

RE (CD-peeled layer/ Ag-AgCl paste/ chitosan layer), several chitosan Raman 

bands are weakly visible due to interference from the fluorescence signal. The 

presence of AgCl is confirmed by modes around 145 cm⁻¹ and 237 cm⁻¹ [52].  
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Table 3.2: Wavenumbers of the bands observed in the Raman spectra for chitosan and their 

assignment to the respective normal vibrations. 

Wavenumber Assignment 

2932vs ν(CH3) 

2885vs ν(CH2) 

2818shm ν(CH3) 

2743w ν(CH) 

1591m δ(NH2) 

1458m δ(CH) + ω(CH2) + δ(OH) 

1411m δS(CH3) + δ(CH) 

1377s δ(CH2) + δ(CH) + δ(OH) + ν(φ) 

1263m δ(OH…O) + ν(C-C) + ν(C-O) + δ(CH) + ρ(CH2) 

1146m ν(C-O-C) + ν(φ) + ν(C-OH) + ν(C-CH2) + δ(CH) + ρ(CH2) + ρ(CH3) 

1114s ν(C-O-C) + ν(φ) + ν(C-OH) + ν(C-CH2) + δ(CH) + ρ(CH2) + ρ(CH3) 

1093s ν(C-O-C) + ν(φ) + ν(C-OH) + ν(C-CH2) + δ(CH) + ρ(CH2) + ρ(CH3) 

1044shm ρ(CH3) + δ(CH) + δ(OH) 

896m ν(φ) + ρ(CH2) 

493m δ(CO-NH) + δ(C-CH3) 

357m ϒ(OH) + ϒ(φ) 

 

In Fig. 3.13b, the FT-IR spectrum shows the characteristic peaks of the chitosan 

film. A strong band between 3361 and 3291 cm⁻¹ corresponds to the stretching of 

N-H and O-H groups. The bands at 2921 cm⁻¹ and 2877 cm⁻¹ are attributed to 

asymmetric and symmetric C-H stretching vibrations, respectively. The peaks 

around 1645 cm⁻¹ and 1325 cm⁻¹ are characteristic of the C=O stretching of amide 

I and the C-N stretching of amide III, respectively. A band at 1589 cm⁻¹ is linked 

to the N-H bending of primary amines. Further confirmation is provided by the 

bands at 1423 cm⁻¹ and 1375 cm⁻¹, which reflect CH₂ bending and CH₃ 

symmetrical deformations. The band at 1153 cm⁻¹ is associated with asymmetric 

C-O-C bridge stretching, while signals at 1066 cm⁻¹ and 1028 cm⁻¹ are indicative 

of C-O stretching. Additional features include bands at 1260 cm⁻¹, 896 cm⁻¹, and 

654 cm⁻¹, corresponding to -OH bending, -CH out-of-plane vibration, and -NH 

twist vibration, respectively [53], [54], [55]. These peaks are observed across the 

working, counter, and reference electrodes, confirming the successful and 

uniform deposition of the chitosan film across the entire sensor surface.  
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The wettability of the sensor surface, both with and without the chitosan film, was 

evaluated by measuring the contact angle using PBS as the wetting liquid. A 

decrease in contact angle value is expected with an increase in the surface 

hydrophilicity. As illustrated in Fig. 3.14, the contact angle for the CD-peeled 

layer was approximately 89 ± 3.7°, indicating a moderately hydrophobic surface. 

However, when the CD-peeled layer was coated with chitosan and air-dried, the 

contact angle was significantly reduced to ~52± 4.5°, demonstrating enhanced 

hydrophilicity. This hydrophilicity increased even further when the chitosan film 

was swelled in PBS [56], [57], bringing the contact angle down to an impressively 

low ~5 ± 2.3°. This decrease in the contact angle highlights the ability of chitosan 

to facilitate rapid and efficient wetting of the entire sensor surface when hydrated. 

The high initial contact angle of the Ag layer, which was nearly hydrophobic due 

to its rough morphology, reinforces the importance of the chitosan layer in 

modifying the sensor surface properties. The very low value measured in the case 

of the swelled film indicated the ability of the chitosan to create a highly wettable 

surface ensures proper electrolytic contact, improving the sensor's effective 

performance in an aerosol environment [58]. 

 

Figure 3.14: Mean values of contact angle measured on CD-peeled layer before and after 

chitosan deposition and before and after chitosan swelling. 

The electrochemical response towards hydrogen peroxide was examined using 

CV performed at various scan rates, with 5 mM H₂O₂ in PBS. As shown in Fig. 

3.15a, an increase in the scan rate resulted in a shift of the reduction peaks toward 
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more cathodic potentials. There were no corresponding oxidation peaks, 

suggesting that the redox process of H₂O₂ is irreversible [59].  

Figure 3.15: a) CVs performed in the potential range from - 0.2 V to -1 V vs Ag/AgCl in PBS 

containing H2O2 5 mM. b) Effect of scan rate on peak current density. 

In Fig. 3.15b, a clear linear relationship can be seen between the reduction current 

density peak and the square root of the scan rate, with a high correlation 

coefficient (R² = 0.9987). According to L. Zhang et al. [60] and X. Cai et al. [59], 

this result indicates that the H₂O₂ reduction is a diffusion-controlled process. 

 

3.3.2 Electrochemical Performance of Sensor without PB 

LSV, employed as the detection technique, was carried out in both liquid and 

aerosol phases to provide a comparative analysis of the sensor behavior across 

different conditions. In the liquid phase, LSV was performed over a potential 

range of 0.1 V to -1 V vs Ag/AgCl pseudo-RE, using PBS as blank. 



 

112 

 

 

Figure 3.16: a) LSV tests in liquid solutions at different concentrations of H2O2 and b) 

corresponding calibration line with SD error bars (N = 3). 

 

In Fig. 3.16a, LSV curves for varying concentrations of H₂O₂ are presented, with 

baseline subtraction applied. Two distinct peaks were observed, even in the blank 

solution voltammogram (represented by the black curve). The first peak, at around 

0 V, is independent of the increasing H₂O₂ concentration in the solution, while the 

second peak, at approximately -0.6 V, shows a direct correlation with the 

concentration of H₂O₂. The first peak is attributed to the reduction of dissolved 

oxygen to H₂O₂, following the reaction [61], [62]: 

O₂ + 2H₂O + 2e⁻ → H₂O₂ + 2OH⁻ (3.5) 

The second peak corresponds to the reduction of H₂O₂ to water, described by the 

reaction [63], [64]: 

H₂O₂ + 2H⁺ + 2e⁻ → 2H₂O (3.6) 

As shown in Fig. 3.16a, the intensity of this second peak increases linearly with 

the concentration of H₂O₂ in the range of 100 µM to 500 µM. The shift in the 

potential peak of the hydrogen peroxide reduction agrees with Nernst’s equation 

[59], [65]. From the calibration line reported in Fig. 3.16b, a sensitivity of 0.062 

 0.0024 µA µM−1 cm−2 (R2 = 0.9996) was obtained. A Limit of Detection (LOD) 

of 60 µM was calculated using the equation: 

𝐿𝑂𝐷 = 3.3
𝑆𝐷

𝑆
     (3.7) 



 

113 

 

,where SD represents the standard deviation of the blank response (obtained from 

10 blank measurements), and S is the sensor’s sensitivity. 

To simulate a real H₂O₂ detection in exhaled breath, LSV tests were performed 

by exposing the sensor to nebulized solutions. Before these tests, the sensor was 

immersed in PBS to allow the chitosan layer to swell, ensuring it was well-

prepared for the interaction with nebulized solutions. The LSV curves were 

recorded after 10 s of nebulization, ensuring the sensor was homogeneously 

impregnated with the nebulized solutions. Notably, the pre-immersion in PBS to 

swell the chitosan layer could be avoided in future tests. Through experimental 

trials, it was observed that even without this initial swelling, the sensor stabilized 

after approximately 1 minute of exposure to the nebulized solution. This result 

suggests that while pre-treatment may accelerate sensor activation, it is not strictly 

necessary for stable and reliable sensor performance. 

 

 

Figure 3.17: a) LSV tests in nebulized solutions at different concentrations of H2O2 and b) 

corresponding calibration line with SD error bars (N = 3).  

Fig. 3.17 shows the LSV curves for hydrogen peroxide detection in nebulized 

solutions (Fig. 3.17a) and the corresponding calibration line (Fig. 3.17b). From 

these experiments, a sensitivity of 0.110 ± 0.0042 µA µM⁻¹ cm⁻² (R² = 0.9973) 

was obtained and a LOD of 30 μM was calculated. This sensitivity is higher than 

values reported in previous literature concerning hydrogen peroxide 

quantification in aerosol phase (Tab. 3.3). 
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Table 3.3: Comparison between electrochemical sensors for H2O2 detection in aerosol/gas 

phase. 

SPE= Screen Printed Electrode CB=Carbon Black PBNPs=Prussian Blue Nanoparticles 

PB=Prussian Blue CA=Chronoamperometry NS=Not Shown LSV=Linear Sweep 

Voltammetry 

Sensor Type 
Detection 

Method 

Sensitivity/ 

µA µM-1 cm-2 

 

Linear 

Range / 

mM 

LOD 

/ μM 

 

Real Sample Ref. 

Paper-based 

electrochemica

l sensor (filter 

paper and SPE 

modified with 

CB/PBNPs) 

CA 1.97*10-4 324 - 2294 NS NS [31] 

Paper-based 

electrochemica

l sensor 

(chromatograp

hy paper and 

SPE using PB-

modified ink) 

CA 0.002 0.04 – 0.32 NS NS [66] 

Pt-Nafion CA 0.28 
0.003 – 

1.18 
1.18 NS [67] 

Ag based 

electrode with 

chitosan film 

LSV 0.110 0.1 – 0.5 30 

16HBE cells 

subjected to 

different 

treatments 

This 

work 

 

The sensor demonstrated a linear response to H₂O₂ concentrations ranging from 

100 µM to 500 µM with a low mean deviation. The results are promising as they 

demonstrate the ability of the sensor to operate efficiently within an aerosol phase 

without any decline in performance when compared to liquid-phase detection. 

The mean Relative Standard Deviation (RSD) was also evaluated for liquid and 

aerosol solutions. The mean RSD was approximately 3.8% in the liquid solution, 

while it was around 4% in the aerosol. These low RSD values indicate that the 

proposed fabrication method is highly reproducible, resulting in sensors with 

coherent properties and performance across multiple tests. Furthermore, the 

higher sensor sensitivity in nebulized solutions aligns with similar findings from 

Fiore et al. [31]. The increased sensitivity observed in the aerosol phase compared 
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to the liquid phase can be attributed to the absorbent nature of the chitosan layer, 

which facilitates the pre-concentration of the analyte. In particular, when the 

chitosan layer is exposed to the aerosol phase, it dries rapidly due to water 

evaporation, causing the analyte to become concentrated within the sensor. This 

led to a higher concentration and, consequently, higher sensitivity. To verify this 

pre-concentration effect, hydrogen peroxide tests were performed after different 

times of nebulization. A solution with the same concentration of H₂O₂ was 

nebulized for 10, 30, 60, and 120 seconds. After LSV measurements were 

performed. The results, shown in Fig. 3.18, reveal that after 60 seconds of 

nebulization, the detected H₂O₂ was approximately double the amount measured 

after 10 seconds. This suggests that prolonged time enhances the concentration of 

the analyte on the sensor surface. However, it cannot be extended indefinitely 

without causing the sensor to reach its absorption limit, as indicated by the 

plateauing trend in the figure. Thus, the sensitivity of the sensor can be increased 

by adjusting the nebulization time and by further optimizing the thickness of the 

chitosan film. When the sensor is immersed in a liquid phase, this pre-

concentration phenomenon does not occur due to the short analysis times.  

 

Figure 3.18: H2O2 detected from the sensor after different times between nebulization and 

measurement. 

The sensor flexibility was assessed by evaluating its performance after different 

physical deformation cycles. In particular, the sensor was subjected to bending 
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and twisting (as shown in Fig. 3.19) for five consecutive cycles. After these 

deformations, the sensor was tested for hydrogen peroxide detection in the aerosol 

phase. The bent and twisted electrodes exhibited the same performance as the 

undeformed sensor (Fig. 3.20). This demonstrates that these mechanical stresses 

did not compromise sensor functionality. These findings strongly reinforce the 

sensor reliability, highlighting its potential for integration into face masks without 

any degradation in performance. This makes it highly suitable for practical 

applications where flexibility is essential. 

 

Figure 3.19: Images of the sensor after different deformation. 
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Figure 3.20: Effect of deformations on the H2O2 detection. 

Sensor performances were evaluated in complex matrices by quantifying 

hydrogen peroxide in a nebulized conditioned medium of 16HBE cells. Before 

these measurements, sensor performance was assessed in the presence of potential 

interfering species, such as glucose, HEPES, lactic acid, sodium chloride, and 

sodium nitrate, commonly found in culture media or produced by cells [68], [69]. 

A concentration of 1 mM of each interferent was added to a nebulized solution 

containing 0.1 mM of H₂O₂ to simulate challenging conditions. 

 

Figure 3.21: a) LSV tests in PBS solution containing 0.1 mM of H2O2 and 1 mM of 

interfering species and b) effect of interfering species on the H2O2 detection (GLU: glucose; LA: 

Lactic Acid). 

As shown in Fig. 3.21, even though the concentration of the interfering species 

was 10 times higher than that of H₂O₂, their effect on the peak current density and 
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potential was negligible. This result confirms that the sensor has high selectivity 

to H₂O₂. To accurately quantify H₂O₂ in cell culture media, a calibration curve 

was created using the 16HBE cell culture medium (MEM) as a blank. This step 

was important to account for the complex nature of MEM and any potential 

interference it might introduce [70]. Various concentrations of H₂O₂ were added 

to the MEM, and LSV measurements were performed (Fig. 3.22a). The resulting 

calibration line (Fig. 3.22b) indicated a sensitivity of 0.098 ± 0.0022 μA μM⁻¹ 

cm⁻² (R² = 0.9958), with a mean RSD of approximately 2% and a LOD of 40 μM.  

 

Figure 3.22: a) LSV tests in the aerosol phase of MEM with different concentrations of H2O2 

and b) corresponding calibration line with SD error bars (N = 3). 

These values were very similar to those obtained using nebulized PBS, suggesting 

that the sensor performance remains stable and reliable even in the MEM. Tab. 

3.4 summarizes the key performance characteristics of the sensor in different 

testing conditions. 

Table 3.4: Main features of the electrochemical sensor. 

Electrolyte Sensitivity / μA μM-1 cm-2 Mean RSD / % LOD / μM 

Liquid PBS 0.062  3.8 60 

Aerosol PBS 0.110 4 30 

Aerosol MEM 0.098  2 40 

 

Detection of hydrogen peroxide in the aerosol phase of nebulized culture media 

obtained from 16HBE cells was performed. Cells were exposed or not to Cigarette 
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Smoke Extract (CSE) and/or pre-treated with N-acetylcysteine (NAC) and 

Formoterol (FORM). These two drugs have antioxidant properties and are 

commonly used in treating chronic respiratory conditions [71], [72]. NAC acts as 

a mucolytic agent, while FORM is a long-acting beta-2 agonist. 

 

     

       

Figure 3.23: a) LSV tests in the aerosol phase of nebulized culture media obtained from 

16HBE b) mean concentration of H2O2 present in the samples (NT: non-treated cells; CSE: cells 

treated with cigarette smoke extract; CSE + NAC: cells treated with cigarette smoke extract and 

N-acetylcysteine; CSE + FORM: cells treated with cigarette smoke extract and Formoterol). N 

= 3 independent experiments c) mitochondrial superoxide detection by flow cytometry using 

Mitosox Red probe: representative flow cytometric analysis d) mitochondrial superoxide 

production reported as Mean Fluorescence Intensity (MFI) ± SD (N = 3), *p < 0.05 Paired t-

test. 

 

Fig. 3.23a shows LSV curves for different samples and Fig. 3.23b presents the 

mean concentrations of H2O2 based on the calibration line shown in Fig. 3.22b. 

CSE treatment significantly increased H2O2 production, while treatment with 

NAC and FORM reduced it. 
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To confirm these results, intracellular oxidative stress was evaluated by 

measuring mitochondrial superoxide levels using a ROS-sensitive fluorescent 

probe and flow cytometry, the gold standard for intracellular ROS quantification. 

After stimulation, cells were stained with Mitosox Red and analyzed by flow 

cytometry. The results (Figures 3.23c and 3.23d) confirmed that CSE exposure 

significantly increased mitochondrial superoxide levels compared to non-treated 

(NT) cells and the pre-treatment with NAC and FORM effectively reduced this 

effect. So, these flow cytometry results mirrored those obtained via sensor 

measurements. 

Further tests were conducted to ensure the effectiveness of the sensor under real-

world conditions. Exhaled Breath Condensate (EBC) samples from healthy 

subjects were collected with known concentrations of H2O2 and LSV curves were 

recorded (Fig. 3.24).  

 

 

Figure 3.24: LSV tests in real EBC (Cx) before and after adding different amounts of 

hydrogen peroxide. 

 

This experiment was designed to determine whether the EBC matrix might 

interfere with the ability of the sensor to detect H2O2. The results demonstrated 

that the sensor accurately detected H2O2 in real breath matrices without 

interference, suggesting that the proposed sensor can be applied to the monitoring 

of cellular oxidative stress.  
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3.3.3 Fabrication and Characterization of Sensor with PB 

After successfully demonstrating the ability of the sensor to detect hydrogen 

peroxide concentrations in the aerosol phase, it has undergone further 

optimization to enhance its sensitivity. The WE was modified through the 

electrodeposition of PBNPs before the deposition of chitosan. This modification 

specifically aims to detect the trace concentrations of hydrogen peroxide typically 

present in exhaled breath [73], making the sensor a valuable tool for non-invasive 

respiratory monitoring applications. Following the sputtering of the WE with a 

thin gold layer, Prussian Blue nanoparticles were subsequently deposited using a 

Pulsed Electrodeposition technique. To optimize the electrodeposition process, 

key parameters were varied, including the reduction voltage (VR) and reduction 

time (TR), as well as the oxidation voltage (VO) and oxidation time (TO). 

Additionally, the number of cycles used in the pulsed electrodeposition technique 

was adjusted to optimize the deposition conditions.  

The voltage for the electrodeposition of Prussian Blue was set at 0.4 V vs 

Ag/AgCl, this value was derived from the CVs performed in the electrodeposition 

solution. For the oxidation, the VO was established at 0.7 V vs Ag/AgCl [74]. 

The electrodeposition time significantly influenced the morphology, thickness, 

and electrochemical properties of the deposited layer. Variations in pulse 

deposition time can lead to changes in the layer morphology, which is affected by 

several factors, including the accumulation of species near the interfaces, as well 

as the nucleation and growth processes of particles and grains [75]. Tab. 3.5 

summarizes the experimental parameters chosen for optimized Prussian Blue 

electrodeposition. 

 

Table 3.5: Values of parameters for optimized PB electrodeposition. 

Parameter VR / V TR / s VO / V TO / s Cycles Number 

Value 0.4 20 0.7 10 10 

 



 

122 

 

Fig. 3.25 shows the current density vs time recorded during the pulse 

electrodeposition of PB.  

 

 

Figure 3.25: Current densities and potential vs. time, measured during the Pulse 

electrodeposition process. 

 

Upon applying voltage, there is a rapid decline in the current density magnitude, 

followed by a stabilization phase. It is important to note that the sign of the current 

density transitions from negative to positive upon shifting the reduction potential 

to oxidation potential. Thus, during the oxidation step, the PB was partially 

dissolved [76]. The result of this process is an increase in porosity that not only 

impacts the structural integrity of the films but also influences their overall 

electrochemical properties, potentially enhancing their functionality.  

Regarding the solution used for the pulse electrodeposition, the addition of 

chitosan is useful to enhance the operational stability of the PB-based sensor in 

slightly alkaline conditions. As reported in the literature, a significant 

improvement in its stability was achieved with PB synthesized in the presence of 

organic polymers, such as chitosan [29], [77]. 

PB instability arises due to the thermodynamic instability of the reduced form 

PW. This behavior is likely due to the strong interaction between ferric ions (Fe³⁺) 

and hydroxyl ions (OH⁻) produced in H2O2 reduction, which leads to the 

formation of Fe(OH)₃ at pH levels higher than 6.4 [78]. This reaction breaks down 
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the Fe–CN–Fe bond, causing PB to dissolve. As a result, PB leaches from the 

electrode surface, leading to a reduction in the sensor signal [79], [80].  

In the second step of electrode modification, the electrodeposited PB film was 

activated to enhance the formation of its soluble form on the electrode surface by 

performing CVs in a solution containing 0.1 M HCl and 0.1 M KCl for 25 cycles. 

 

 

Figure 3.26: CVs performed at a scan rate of 50 mV s⁻¹ in a solution containing 0.1 M HCl 

and 0.1 M KCl. 

 

In particular, the two characteristic peaks in the CVs (Fig. 3.26) correspond to the 

interconversion between PW and PB. The reduction and oxidation reactions are 

accompanied by noticeable electrode color changes. The electron-transfer 

reaction, when KCl is used as the supporting electrolyte, can be represented as 

follows [81] [82]: 

Fe(III)4(Fe(II)(CN)6)3 + 4e- + 4K+ → K4Fe(II)4(Fe(II)(CN)6)3  (2.1) 

(PB to PW conversion) 

A more detailed discussion of these two peaks was provided in Chapter 2. During 

this activation, potassium ions (K⁺) play a crucial role as PB is reduced to PW; 

they likely replace water molecules within the crystal structure [83]. In addition, 

CVs reveal that the peak currents of both cathodic and anodic waves gradually 

increased with each cycle. This increase is due to the accumulation of more PB 

on the electrode surface [84]. After about 25 cycles, as shown in Fig. 3.26, the 

current peaks were stable, indicating that the process was complete. 
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After activation, the electrode was dried at 100°C for 30 min and cooled down to 

room temperature in the dark [32]. Drying the PB modified in the oven and then 

at room temperature resulted in a more stable sensor compared to freshly prepared 

ones. This suggests that the water content within the PB layer plays a significant 

role in its stability. The presence of water within the polycrystal structure can 

influence the stability of PB-modified electrodes, likely by affecting the crystal 

integrity [79]. Furthermore, it was demonstrated that a portion of this water can 

be irreversibly removed by heating PB at 100°C [85]. This irreversible 

dehydration could alter the structural properties of PB, potentially impacting its 

electrochemical performance and stability. In addition, it is important to keep 

samples in the dark to avoid the degradation of PB under light. As reported in 

[30], PB can degrade when exposed to light, leading to gradual color shifts, 

primarily due to the alteration in the iron-cyanide bonds. 

After the modification, the surface and characteristics of the samples were 

examined using FE-SEM. 
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Figure 3.27: (a-c) SEM images (a) 2000x, b) 60000x, c) 120000x), and d) EDS spectrum of 

PBNPs electrodeposited on WE. 

 

Figure 3.27a shows the clusters formed by the agglomeration of nanoparticles, 

with visible cracks surrounding these clusters. This morphology (clusters of 

nanoparticles with surrounding cracks) is characteristic of PB films, as reported 

in [74], [75], [86], [87]. However, variations in electrodeposition parameters, 

particularly deposition voltage, can lead to different morphologies (Fig. 3.27c). 

As shown in Fig. 3.27b, through the cracks on the surface, it is possible to observe 

that PBNPs (with an average diameter of 65 nm) are also present on the silver 

tracks of the CD. The EDS analysis (Fig. 3.27d) confirms the presence of Fe, C, 

K, and N in the samples, verifying the successful formation of PB [88]. Other 

elements, such as Si, S, Ag, Ca, and Ti were also detected, but these stem from 

the underlying CD substrate. The Au peak is due to the thin layer sputtered on the 

silver layer of the CD before the PB electrodeposition. As widely discussed in 

Chapter 2, the presence of potassium cations is the key distinction between PB 
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insoluble and soluble phases. In the soluble form of PB, K cations occupy 

vacancies within the water substructures. Therefore, detecting potassium in the 

samples suggests that both soluble and insoluble phases of PB formed during the 

electrodeposition process.  

FT-IR spectroscopy was used to examine chemical bonds in the electrodeposited 

PB, with measurements performed in the range 400 - 4600 cm⁻¹ (Fig. 3.28).  

 

 

Figure 3.28: FT-IR spectrum of electrodeposited PB on WE. 

 

The FT-IR spectra of PB nanoparticles exhibit several peaks. A prominent peak 

at 2057 cm⁻¹ corresponds to the C≡N stretching vibration in potassium 

hexaferricyanide, a characteristic feature of PB. The absorption bands around 495 

and 601 cm⁻¹ are attributed to the Fe²⁺-CN-Fe³⁺ linkage in PB. Bands at 3386 and 

2323 cm⁻¹ were attributed to water absorption and O-H stretching, while an 

absorption band around 1602 cm⁻¹ corresponded to H-O-H bending, confirming 

the presence of interstitial water within the PB structure [76], [88], [89].  

Micro-Raman spectroscopy further confirmed the presence of PB on the working 

electrode (Fig. 3.29).  
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Figure 3.29: Raman spectrum of electrodeposited PB on WE. 

 

The main characteristic peaks at 2070 and 2160 cm⁻¹ are representative ν(CN) 

vibrations. Additionally, characteristic peaks at lower wavenumbers (276, 620, 

and 537 cm⁻¹) indicate Fe–CN–Fe bond deformations [90], [91], [92].  

 

3.3.4 Electrochemical performance of sensor with PB  

As discussed in Chapter 2, the reduced form of Prussian Blue, known as Prussian 

White, has a catalytic effect in the reduction of hydrogen peroxide (Fig. 3.30) at 

low potentials (around 0 V), minimizing interference from other species 

commonly present in physiological environments [82]: 

K4Fe4(II)[Fe(II)(CN)6]3 + 2H2O2 → Fe4(III)[Fe(II)(CN]6 + 4OH- + 4K+  (3.9) 

H2O2 + 2e- → 2OH-  (3.10) 

 

 

Figure 3.30: Mechanism of PB-mediated catalytic reduction of H₂O₂.   
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Initial tests in the liquid phase were performed before the deposition of chitosan 

to verify its ability to detect hydrogen peroxide concentrations below 10 µM, 

which are typical for exhaled breath samples [15], [73]. CA tests were performed 

at 0.05 V vs Ag/AgCl pseudo-RE in 0.1 M K2HPO4/KH2PO4 and 0.1 M KCl 

(pH=7.4), in which increasing concentrations of hydrogen peroxide were added, 

as shown in Fig. 3.31a. 

 

 

Figure 3.31: a) CA test performed at 0.05 V vs Ag/AgCl pseudo-RE and b) corresponding 

calibration line with SD error bars (N = 3). 

 

The graph shows the ability of the modified electrochemical sensor to detect 

hydrogen peroxide concentrations below 10 µM. Sensitivities of 0.167 µA µM⁻¹ 

cm⁻² (R² = 0.9974) and 0.220 µA µM⁻¹ cm⁻² (R² = 0.998) were obtained 

respectively in the range 1-20 µM and 25-100 µM (Fig.3.31b). Tab. 3.6 presents 

a summary of various PB-based electrochemical sensors from the literature, 

highlighting its analytical features for hydrogen peroxide detection. 
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Table 3.6: Comparison of developed PB based-electrochemical sensors to detect hydrogen 

peroxide. 

PB/G/PLA= Prussian Blue Graphite Poly Lactic Acid, PB-SPCE= Prussian Blue-

Screen Printed Carbon Electrode, GCE=Glass Carbon Electrode, GE=Graphite Electrode, 

CILE=Carbon Ionic Liquid Electrode 

 

Sensor Type 
Detection 

Method 

Sensitivity/ 

µA µM-1 cm-2 

 

Linear 

Range / 

µM 

Sample Ref. 

3D-printed 

PB/G/PLA sensor 
CA 0.057 1-700 

0.1 M PBS + 

0.1 M KCl 

(pH=7.4) 

[93] 

GCE/graphene/P

B 
CA 0.197 20-200 

0.1 M 

H3PO4 and 

1.0 M KCl 

solution 

[94] 

GE/PBNPs/ 

Nafion 
CA 0.139 2-140 

0.05 M PBS + 

0.1 M KCl 

(pH=7.4) 

[95] 

PB modified 

Glass Carbon 

Paste electrode 

CA 0.188 0.25-500 

0.1 M PBS + 

0.1 M KCl 

(pH= 6) 

[96] 

PB modified Ag 

based electrode 
CA 

 

0.167 

0.220 

 

1-20 

25-100 

 0.1 M PBS + 

0.1 M KCl 

(pH=7.4) 

This 

work 

 

To use this sensor for hydrogen peroxide detection in the aerosol phase, a layer 

of chitosan must be deposited by EPD on the entire surface sensor. This process 

was performed in the dark to avoid degrading the Prussian Blue. So, the sensor 

was characterized to confirm the presence of the polymer on the surface. SEM 

images reveal the typical morphology of the chitosan layer described previously 

(Fig. 3.32a-b). They also show the presence of PBNPs under the chitosan layer 

(Fig. 3.32c). At high magnifications (Fig. 3.32d-e), the characteristic morphology 

of the Prussian Blue nanoparticles, previously described, becomes clear. The EDS 

analysis (Fig. 3.32f) further confirms the deposition of PBNPs and chitosan. 
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Figure 3.32: (a-c) SEM images (a) 70x, b) 300x, c) 600x d)20000x e)40000x), and f) 

EDSspectrum of PBNPs and chitosan electrodeposited. 
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Figure 3.33: a) Raman and b) FT-IR spectra collected after the PBNPs and chitosan 

electrodeposition. 

 

The WE surface was also characterized by micro-Raman spectroscopy and FT-IR 

analysis. FT-IR spectra collected after the PBNPs and chitosan electrodeposition 

(Fig. 3.33a) show the typical peaks of both components. Also, in the Raman 

spectrum, it is possible to notice the characteristic peaks of Prussian Blue, such 

as 276 and 537 cm-1 (Fe-CN-Fe), 2070 and 2160 cm⁻¹ (ν(CN) vibrations). The 

other peaks that can be observed in Fig. 3.33b, are attributed to the presence of 

chitosan. The most noticeable ones, such as 1093, 1114, 1591, 1458, 2885, and 

2932 cm-1, were reported in Table 3.2. 

As mentioned in Chapter 2, the polymer enhances the stability of PB, preventing 

hydroxide ion diffusion through the PB crystal [97], [98], but can also reduce its 

ability to detect low concentrations. Therefore, the chitosan deposition is 

currently being optimized to achieve a thickness that strikes a balance between 

effectively detecting in the aerosol phase and maintaining sensitivity for small 

concentrations. 

 

3.4 Conclusions and Future Perspectives 

Oxidative stress is a condition resulting from an imbalance between pro-oxidants 

and antioxidants, which may cause severe cellular damage and could thus play a 

role in a variety of diseases. With the identification of important biomarkers like 
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hydrogen peroxide, which can reveal levels of oxidative stress, exhaled breath 

analysis shows promise as a non-invasive diagnostic technique. Whereas existing 

approaches depend on EBC collecting, recent developments in electrochemical 

sensors could enable real-time evaluation of exhaled breath without condensation, 

thus improving monitoring and early diagnosis. In this research, a low-cost and 

easy-to-use electrochemical sensor was developed for the quantification of 

hydrogen peroxide in exhaled air. This eco-friendly sensor is a three-electrode 

sensor made from the silver layer of compact discs that have accordingly been 

modified to enhance sensor performance. 

A chitosan layer was electrodeposited for effective detection in the aerosol phase. 

Performance tests LSV showed that the sensor provided a linear response in both 

liquid and aerosol phases. In liquid PBS, it achieved a sensitivity of 0.062 ± 

0.0024 μA μM⁻¹ cm⁻² with a limit of detection (LOD) of 60 μM, while in 

nebulized PBS, sensitivity increased to 0.110 ± 0.0042 μA μM⁻¹ cm⁻² and a LOD 

of 30 μM. Calibration in MEM yielded a sensitivity of 0.098 ± 0.0022 μA μM⁻¹ 

cm⁻² and a LOD of 40 μM. The sensor showed excellent selectivity and 

successfully measured H₂O₂ levels from human bronchial epithelial cells under 

different treatments, aligning well with results from traditional cytofluorimetric 

methods. Following this, the working electrode was further modified to detect the 

low concentrations of hydrogen peroxide typically found in exhaled breath. It has 

successfully demonstrated the capability to detect these concentrations in the 

liquid phase. Future efforts should aim to optimize the chitosan deposition time 

to achieve an ideal thickness for hydrogen peroxide detection in the aerosol phase 

with the sensitivity needed for low concentrations.  

Overall, these results indicate that the proposed sensor is well-suited for 

monitoring oxidative stress. In the future, after improving sensor performance 

even in the aerosol phase, it could be integrated into a face mask for real-time 

monitoring, eliminating the need for the condensation step required in current 

clinical practices. This approach offers a wide range of potential applications, 



 

133 

 

including home care, remote point-of-care healthcare, and workplace diagnostics, 

all without the need for expensive laboratory equipment or specialized training. 
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4. Wearable Microfluidic Sensor for Uric Acid, Chloride 

and Glucose Detection in Sweat 

This chapter will explore the fabrication and validation of a multi-analyte 

wearable electrochemical sensor for detecting uric acid, chlorides, and glucose in 

sweat by using a microfluidic system. The sensor was developed in collaboration 

with the Institute of Microelectronics in Barcelona, under the supervision of Dr. 

César Fernández-Sánchez and Dr. Manuel Gutiérrez-Capitán. 

 

4.1 Introduction 

4.1.1 Wearable Electrochemical Sensors for Sweat Monitoring 

An exemplary healthcare system would focus on monitoring health conditions 

and providing treatments before diseases manifest. Ideally, when patients display 

signs of declining health, the system should be capable of identifying and 

addressing these issues early on. In contrast, patients today typically seek medical 

help only after developing noticeable symptoms, leading to reactive treatment and 

oversight from specialists. This underscores the critical need for a system that 

enables individuals to proactively monitor their health, facilitating early detection 

and timely intervention without expensive equipment or specialized training [1]. 

With advances in medical diagnostic technologies, wearable biosensors are 

emerging as a promising solution to healthcare challenges. These devices can 

continuously and noninvasively track physiological data through real-time 

measurements of biochemical markers in biofluids, all while maintaining comfort 

for the user [2].  

Biofluids such as sweat, tears, saliva, and tissue are becoming increasingly 

relevant due to their easy accessibility and potential to offer real-time 

physiological insights into the body's biochemical state [3]. While several 

biofluids are potential candidates, many face limitations when they must be used 



 

142 

 

in wearable sensors. Blood is traditionally defined as the gold standard for analyte 

monitoring. Taking blood samples might pose challenges for various individuals, 

especially infants, the elderly, and people with hemophobia. Urine is another 

commonly used clinical sample, but it is unsuitable for real-time and continuous 

monitoring. Tears contain salts, enzymes, proteins, and lipids that can signal 

specific ocular conditions. However, current methods for tear collection may 

irritate the eyes and lead to reflex tears, potentially affecting test results. Saliva 

permits the measurement of distinct biomarkers, like hormones or antibodies. 

However, saliva can be contaminated by food residues that can act as potential 

interferences, worsening the sensor selectivity [1]. 

Sweat presents considerable advantages for wearable sensing technologies. It can 

be collected noninvasively from various areas of the body, making it particularly 

suitable for continuous monitoring. Sensors designed for sweat analysis can be 

placed close to sweat glands, enabling rapid detection before analytes degrade. 

Sweat has great potential for use in wearable electrochemical sensors (Fig. 4.1) 

that could offer valuable physiological information for health monitoring and 

disease diagnostics. The concentration of some blood components, including 

glucose, lactate, and ethanol, is in strong correlation with the value present in 

sweat, suggesting that its analysis could effectively complement or even replace 

blood testing [4]. 

 

 

Figure 4.1: A schematic representation of flexible sweat-sensing electronics [5]. 
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4.1.2 Sweat Composition and its Role in Health Monitoring and Disease 

Detection 

Sweat contains hundreds of biomarkers and can be used to continuously monitor 

various ions, drugs, metabolites, and biomolecules (Tab. 4.1). These include 

potassium, sodium, calcium, and chloride ions, but also lactic acid, glucose, 

ammonia, ethanol urea, cortisol as well as several neuropeptides and cytokines 

[2]. As a rich physiological information, sweat bears great significance in the field 

of fitness tracking and health monitoring for athletes as well as disease diagnosis. 

Abnormal health conditions, such as electrolyte imbalances or stress, and diseases 

are often reflected by changes in the concentrations of sweat components or the 

appearance of new compounds [2].  

 

Table 4.1: Main sweat analytes and associated health conditions [1]. 

Analyte 

category 
Analyte Health condition 

 

 

 

Electrolytes 

Na+ Dehydration, hyponatremia, electrolyte imbalance 

Cl- Dehydration, cystic fibrosis 

K+ Hypokalemia, muscle cramps 

Ca2+ Myeloma, cirrhosis, renal failure, acid-base balance disorder 

NH4+ Shift from aerobic to anaerobic metabolic conditions 

Metabolites 

Glucose Diabetes 

Lactate Shift from aerobic to anaerobic metabolic conditions 

Uric acid Renal dysfunction, gout 

Drugs 
Caffeine Coronary syndrome, hypertension, depression 

Levodopa Parkinson’s disease 

Trace 

metals 

Zn2+ Stress and immune system-induced muscle damage 

Cu2+ Rheumatoid arthritis, Wilson’s disease, cirrhosis of the liver 

Other 

analytes 

Interleukin 6 Insulin activity, immune responses in cancer therapy 

Cortisol Stress 
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(hormones, 

cytokines, 

proteins) 

Tyrosine Metabolic disorders, tyrosinemia 

Neuropeptide Y Stress 

 

Water makes up about 99% of sweat, with electrolytes contributing to its slightly 

acidic nature, averaging a pH of 6.3, which is more acidic than blood. The pH of 

sweat varies with the concentration of electrolytes and thus may serve as a 

biomarker for metabolic activity, not only under healthy conditions but also 

during the progression of diseases. Furthermore, pH monitoring is necessary to 

regulate the pH required for wound recovery, diagnosis of infections, and disease 

states like metabolic alkalosis [6]. Sodium (Na+) is an essential biomarker of 

electrolyte imbalances that are necessities for osmolality and water balance, 

which indirectly affect pH regulation [8]. Sweat chloride analysis is a widely used 

diagnostic test for cystic fibrosis (CF), owing to the very high levels of chloride 

(Cl−) in CF sweat [7]. Potassium (K+) in sweat reflects the blood levels of 

potassium; low levels of potassium in sweat could signal dehydration, a condition 

that is lethal for cardiovascular patients [8]. Conversely, the monitoring of 

calcium (Ca2+) in sweat would offer early detection for myeloma, cirrhosis, renal 

failure, and hyperparathyroidism [9]. Ammonium ion (NH4
+) is also secreted in 

sweat in concentrations equivalent to plasma levels, reflecting protein 

metabolism. The secretion of this ion can indicate the transition between aerobic 

and anaerobic exercise [1]. Glucose present in sweat, particularly when induced 

by iontophoresis, is associated with blood glucose and may be a suitable candidate 

for diabetes screening and monitoring [10]. 

Lactate concentrations in sweat closely resemble those in blood and serve as 

markers of tissue viability, providing warnings for ischemic stress. It has been 

demonstrated that lactate levels are independent of sweat production rate, making 

them reliable for noninvasive diagnostics [11]. Uric acid (UA) levels in sweat 

offer insight into kidney function, with elevated UA in gout patients compared to 

healthy individuals [12]. Toxins and drugs can also be excreted through sweat. 
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Caffeine concentrations in sweat are related to plasma and urine levels, and 

chronic caffeine intake can lead to conditions such as coronary syndrome, 

hypertension, and depression. Levodopa concentrations in sweat have been shown 

to correlate with plasma levels, enabling optimization of drug dosage for patients 

[1]. Sweat also has an important role in eliminating heavy metals like zinc and 

copper. High levels of zinc ions in sweat can indicate stress, immune response, 

and muscle damage during physical activity. Copper levels in sweat, which are 

linked to conditions like rheumatoid arthritis, Wilson’s disease, and cirrhosis, can 

also reflect exercise, heat stress, and dietary factors [13]. Besides these, several 

other components have been identified, including hormones and small proteins 

such as cortisol, neuropeptides, and cytokines. For example, IL-6 has been 

regarded as one of the main mediators of inflammation. It can be used as a 

detectable parameter for the control and treatment of immune responses, 

especially in tumor therapy [1]. Cortisol is a form of steroid hormone synthesized 

under stressed conditions. It is an important hormone in metabolism, stress, and 

immune reactions [14]. The amino acid tyrosine is greatly involved in 

metabolism. Abnormal concentrations of tyrosine are usually indicative of 

metabolic disorders such as tyrosinemia. Neuropeptide Y (NPY) acts in response 

to stress and is present in higher concentrations in the sweats of depressed patients 

compared with non-depressed individuals [1]. Fig. 4.2 illustrates the most 

commonly detected analytes in sweat using wearable sensors. 

 

 

Figure 4.2: Wearable sweat sensors for real-time health monitoring [15]. 
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4.1.3 Microfluidic Devices for Effective Sweat Collection and Monitoring 

Sweat sample collection is a critical aspect of sweat sensing, as it directly impacts 

the accuracy of measurements. Key challenges include the sampling area, 

evaporation, degradation, and contamination of sweat samples. Water evaporation 

or cross-contamination from residual components on the skin can lead to 

overestimated biomarker concentrations. Additionally, some biomarkers in sweat 

have limited stability, meaning measurements must be taken immediately after 

sweat is generated to ensure accuracy [16]. Traditionally, sweat collection can be 

achieved using two primary methods: passive and active. In the passive approach, 

individuals engage in vigorous physical activities, such as running, cycling, or 

other exercises, to stimulate sweat production naturally. On the other hand, the 

active approach involves using external stimuli like electrical stimulation to 

induce sweat. Iontophoresis is a common non-invasive technique for active sweat 

induction, allowing sweat samples to be collected without the need for physical 

exertion. This method involves generating a current beneath the skin by applying 

a voltage between iontophoretic electrodes. In this process, a current is applied 

between pilogels (hydrogels infused with the sweat stimulant pilocarpine), 

creating a potential drop across the test area. This small current drives pilocarpine 

beneath the skin surface, triggering nearby sweat glands to release sweat for 

collection by wearable sensors [7].  

Compared to blood or other bodily fluids, the concentration of biomarkers in 

sweat is typically lower, making real-time and accurate monitoring more 

challenging. In addition, generating enough sweat for analysis often requires 

vigorous exercise or pharmacological stimulation. Sweat secretion rates at rest are 

typically low, and evaporation reduces the volume available for collection. For 

individuals unable to exercise or sensitive to iontophoresis, skin-contact 

microfluidic systems that capture naturally released sweat offer a viable 

alternative [17]. The small channel dimensions and low sample volume 

requirements in microfluidic devices enable multiplexed analysis of various 
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biomarkers within the same device and at the same time. For instance, Bandodkar 

et al. [18] (Fig. 4.3A) designed a microfluidic device capable of electrochemical, 

colorimetric, and volumetric analyses to monitor sweat rate/loss, pH, lactate, 

glucose, and chloride. Koh et al. [19] (Fig.  4.3B) developed a microfluidic 

platform with a quantitative assay to measure sweat rate, total sweat loss, pH, 

chloride, and lactate levels. Another example is Sekine et al. [20] (Fig. 4.3C), 

whose platform can simultaneously quantify sodium, chloride, and zinc in sweat. 

 

 

Figure 4.3: Multiplexed microfluidic devices for sweat analysis [21]: 

A) A microfluidic system designed for electrochemical, colorimetric, and volumetric assessment 

of sweat, measuring sweat rate/loss, pH, lactate, glucose, and chloride levels [18]. 

B) A microfluidic platform for determining sweat rate, total sweat loss, pH, chloride, and lactate 

concentration [19]. 

C) A microfluidic device enabling quantitative analysis of sweat biomarkers such as sodium, 

chloride, and zinc, detected using fluorimetry [20]. 

 

Wearable microfluidic devices require lower sample volumes than traditional 

methods, which is a crucial advantage because sweat glands produce only 5-10 

nanoliters of sweat per minute. This limited production results in approximately 

three microliters of sweat per minute in a one cm² area during exercise. The ability 

to work with such small volumes makes microfluidic devices ideal for continuous 

and non-invasive sweat analysis, enabling real-time monitoring of various 

biomarkers without the need for large sweat samples [22]. These microfluidic 

systems can collect sweat from various small channels and wirelessly connect to 

external devices for analysis and multi-parametric sensing of clinically relevant 

markers [23]. These systems improve the reliability of measurements by 
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minimizing sample loss, evaporation, and contamination while enhancing the 

temporal resolution of sweat analyte data. Microfluidic devices rely on a driving 

force to ensure continuous sweat transport. In addition to natural sweat gland 

pressure, forces such as capillary action, osmotic pressure, and evaporation pumps 

can drive sweat flow without external equipment [24]. Capillary action can move 

sweat through microfluidic channels while applying hydrophilic coatings or valve 

structures to control the flow direction. Hydrogels placed at the chip inlet can 

create an osmotic pressure gradient, drawing fluid into the channels more 

efficiently. Additionally, micropores designed into the outlet of a microfluidic 

chip can use evaporation to generate a continuous flow of sweat, with flow rates 

modifiable by adjusting the size or shape of the micro-perforations [1].  

Microfluidic devices can be applied to different areas of the body without causing 

chemical or physical discomfort, thanks to biocompatible adhesives and soft 

mechanical properties such as flexibility, elasticity, and watertight interfaces. Due 

to their cost-effectiveness, ease of production on an industrial scale, and eco-

friendly nature, microfluidic-based health monitoring devices hold vast potential 

in sweat-sensing applications [25]. Koh et al. [25] developed a microfluidic 

device for determining sweat rate, total sweat loss, pH, chloride, and lactate. 

Similarly, Sekine et al. [26] introduced a system capable of simultaneously 

quantifying sodium, chloride, and zinc in sweat. These advancements highlight 

the potential of microfluidic technology for comprehensive sweat analysis. 

 

4.1.4 The Role of Uric Acid, Chlorides, and Glucose in Oxidative Stress 

Monitoring 

Uric acid (UA), chloride, and glucose are three key biomarkers that play a crucial 

role in oxidative stress, a pathological condition discussed in Chapter 3. UA is the 

final enzymatic product of purine metabolism in the body. It is found inside cells 

and in all body fluids, although usually in lower amounts than in plasma. It has 

been suggested that UA may be one of the most significant low-molecular-weight 
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antioxidants in human biological fluids [27]. Ames et al. [28], in the early 1980s, 

put forth a proposition that UA had biological significance as an antioxidant and 

also demonstrated through in vitro experiments that it effectively scavenges 

peroxyl radicals (RO2•), hydroxyl radicals (•OH), and singlet oxygen against 

oxidative damage. Beyond being a radical scavenger, UA also chelates metal ions, 

especially iron and copper, decreasing their catalytic role in free radical reactions. 

When UA interacts with ROS or other oxidizing agents, it can be oxidized into 

allantoin and other byproducts. Therefore, measuring UA or allantoin levels can 

serve as an indicator of oxidative stress in humans [29]. UA is commonly 

measured in urine, where the physiological range concentration is 1.5-4.5 mM 

[30].  However, UA detection in sweat presents a promising approach for real-

time health monitoring, allowing a non-invasive analysis [31]. The physiological 

concentration of UA in human sweat is between 25 μM and 50 μM [32], [33].  

Chloride ions (Cl-) are implicated in many physiological functions, including 

several interconnected biochemical pathways with oxidative stress. In this 

respect, the monitoring of Cl⁻ ions could be proposed as an indirect marker of 

oxidative stress due to the participation of the ion in physiological reactions that 

generate Reactive Chlorine Species (RCS), among which hypochlorous acid 

(HOCl) stands out. In particular, the enzyme myeloperoxidase (MPO), Cl⁻, and 

hydrogen peroxide are involved in HOCl formation. When Cl⁻ concentrations 

rise, MPO activity increases, leading to higher HOCl production. Excessive HOCl 

can then cause tissue damage, contributing to oxidative stress [34]. Commonly, 

chloride concentration is measured in urine, where the physiological level is 

between 67 and 131 mM [35]. However, since chloride is the most common 

electrolyte in human sweat, its concentration has become an excellent 

representative of estimating the electrolyte balance of the body for the diagnosis 

and prevention of many diseases. The chloride concentration in sweat is between 

10 and 30 mM. In pathological subjects, values higher than 60 mM can be found 

[36], [37].  
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The excessive concentration of glucose also contributes to oxidative stress. It is 

well established that hyperglycemia triggers metabolic issues by activating 

harmful pathways that elevate oxidative stress in human tissues. It is well known 

that hyperglycemia might induce metabolic disorders due to the development of 

destructive pathways which increase oxidative stress in tissues. Indeed, high 

blood sugar levels, or hyperglycemia, promote the development of metabolic 

disorders, activating abnormal pathways participating in increasing oxidative 

stress within human tissues [38]. According to a hypothesis, increased glucose 

levels increase the availability of electron donors, increasing electron flow 

through the mitochondrial electron transport chain. This results in 

hyperpolarization of the mitochondrial membrane potential, leading to an 

accumulation of electrons in coenzyme Q that facilitates the partial reduction of 

O2, generating the free radical anion superoxide (ROS generation) [39]. 

Sweat serves as a readily accessible source of glucose, featuring numerous 

sampling sites on the body, consistent availability, and ease of collection. The 

correlation between sweat glucose and blood glucose has also been demonstrated. 

However, the monitoring of glucose levels in sweat is rather challenging because 

of its low concentration-around 100 times lower than glucose levels in blood; 

hence, highly sensitive devices are required for its detection. The glucose 

concentration in human sweat varies between 0.06 and 0.2 mM (in pathologic 

conditions, the concentration increases up to 1 mM), corresponding to 3.9 to 5.6 

mM of blood glucose [40] [41]. Tab. 4.2 summarizes the physiological 

concentration values of the three analytes in sweat and other biofluids where they 

are commonly measured in clinical practice. 

 

Table 4.2: UA, chlorides, and glucose physiological concentrations in different biofluids. 

Analyte Sweat concentration / mM Other Biofluid concentration / mM 

Uric acid 0.025 – 0.05 1.5 – 4.5 (urine) 

Chlorides 10 - 30 67 – 131 (urine) 

Glucose 0.06 – 0.2 3.9 – 5.6 (blood) 
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4.2 Materials and Methods 

4.2.1 Experimental setup 

Chips (0.9 x 1.1 cm) with gold electrodes were fabricated on silicon substrates at 

the IMB-CNM Clean Room (Barcelona, Spain) by using a standard 

photolithographic and liftoff process. First, to determine the optimal deposition 

conditions for each analyte and evaluate the performance of modified working 

electrodes (WEs), silicon chips with three gold electrodes were utilized (Fig. 4.4). 

The larger electrode (0.05 cm²) served as the counter electrode (CE), while the 

others (0.025 cm² each) were the working electrode (WE) and pseudo-reference 

electrode (pseudo-RE), respectively. 

 

 

Figure 4.4: Gold silicon chip used for the electrochemical tests. 

For the microfluidic system, a gold silicon chip (0.9 × 1.1 cm) with four electrodes 

was employed (Fig. 4.5). The larger electrode (0.05 cm²) is the CE, while the 

others (0.025 cm2) were used as WE for chloride detection (b), WE for uric acid 

detection (c), and pseudo-RE (d).  
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Figure 4.5: Gold silicon chip with four electrodes: a) CE, b) WE for chloride ions detection, c) 

WE for uric acid detection, d) RE. 

 

Before use, each chip was cleaned by immersing it in acetone and ethanol. Other 

residues were removed by immersing the chip in a cold piranha solution 

(H2SO4:H2O2 3:1) and rinsing it with DI water. The electrochemical tests were 

performed with a MultiPalmSens4 and data was acquired with Multitrace 4.4. 

 

4.2.2 Electrochemical Fabrication and Characterization 

To make the gold working electrode selective for the detection of the three 

analytes, its surface was modified by EPD. Before the EPD, the as-prepared chip 

was electrochemically characterized. A ferrocene-methanol (Fc-MeOH) redox 

mediator was used to study the effect of scan rate in the range of 10–150 mV s⁻¹ 

in a solution of KNO3 0.1 M containing 1 mM of Fc-MeOH.  

For the uric acid detection, the surface of the gold WE was modified with rGO-

AuNPs electrochemical co-deposition. An external Ag/AgCl reference was used, 

and a platinum wire served as CE. An Acetate Buffer Solution (ABS, CH3COONa 

0.07 M and CH3COOH 0.03 M, pH 5), containing 0.5 mg/mL of GO and 0.25 

mM of HAuCl4 was used for the potentiostatic co-deposition that was carried out 

at - 0.8 V vs Ag/AgCl for 200 s [42]. 

For the detection of chloride ions, the surface of the gold WE was modified with 

Ag by potentiostatic deposition carried out at - 0.2 V for 600 s. A platinum wire 

was used as the CE, and the other electrode of the gold chip was used as the 
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pseudo-RE. An aqueous solution containing 10 mM HNO3, tartaric acid 15 mM, 

and 100 mM AgNO3 was used. 

For glucose detection, the surface of the gold WE was modified with NiNPs 

obtained by electrodeposition. A platinum wire was used as the counter electrode 

(CE), and an external Ag/AgCl reference was used. A solution containing 0.5 M 

H3BO3, KNO3 0.1 M, and NiSO4 0.1 M [43] was used. A potentiostatic deposition 

was carried out at - 0.8 V for 100 s. 

After each use, the WE surface can be electrochemically cleaned in a 0.5 M KNO₃ 

solution by CV in a potential range of + 0.2 to - 2.5 V (vs. Au pseudo-RE) at a 

scan rate of 100 mV s⁻¹. Afterward, the surface can be re-modified as previously 

described and reused. 

Modified WEs were characterized using Field Emission Scanning Electron 

Microscopy (FESEM FEI, QUANTA 200) and Energy Dispersive Spectroscopy 

(EDS, AMETEK).  

 

4.2.3 Electrochemical Performance 

For sensor calibration, the potential at which analyte oxidation occurs was 

selected from LSV tests performed at 50 mV s–1 in a 0.1 M PBS containing the 

analyte. For glucose detection, a solution of NaOH 0.1 M was employed to 

establish alkaline conditions that are favorable for enhancing the electrocatalytic 

activity of the catalysts towards glucose [44]. Sensor performance was evaluated 

using Chronoamperometry (CA) at the selected potential for each analyte. The 

LOD was calculated for each analyte using the equation 3.7. The electrochemical 

performance of the sensors was further investigated in artificial sweat to study the 

effect of the real matrix on the selectivity of the sensor. Artificial sweat was 

prepared according to the protocol proposed by Harvey et al [33] (Tab. 4.3). 
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Table 4.3: Chemical formulation of artificial human sweat [33]. 

Components Concentration [M] 

Electrolytes 

Sodium sulfate (Na2SO4) 4,10E-04 

Sodium bicarbonate (NaHCO3) 3,00E-03 

Potassium chloride 6,10E-03 

Magnesium chloride hexahydrate (MgCl2·6H2O) 8,20E-05 

Sodium phosphate anhydrous monobasic (NaH2PO4) 4,00E-04 

Sodium chloride (NaCl) 2,70E-02 

Organic acids and carbohydrates 

Lactic acid 1,40E-02 

Pyruvic acid (C3H4O3) 1,80E-04 

d(+)-Glucose (C6H12O6) 1,70E-04 

Aminoacids 

dl-Alanine (C3H7NO2) 5,70E-04 

l-(+)-Arginine (C6H14N4O2) 7,80E-04 

l-(+)-Aspartic acid (C4H7NO4) 3,40E-04 

l-(+)-Citrulline (C6H13N3O3) 4,00E-04 

l-(+)-Glutamic acid (C5H9NO4) 3,70E-04 

Glycine (C2H5NO2) 3,90E-04 

l-Histidine (C6H9N3O2) 5,20E-04 

l-Isoleucine (C6H13NO2) 1,70E-04 

l-Leucine (C6H13NO2) 2,10E-04 

l-(+)-Lysine Monohydrochloride (C6H14N2O2·HCl) 1,50E-04 

l-(+)-Ornithine Monohydrochloride (C5H12N2O2·HCl) 1,50E-04 

l-Phenylalanine (C9H11NO2) 1,30E-04 

l-Threonine (C4H9NO3) 4,50E-04 

l-(–)-Tryptophan (C11H12N2O2) 5,50E-05 

l-Tyrosine (C9H11NO3) 1,69E-04 

l-Valine (C5H11NO2) 2,50E-04 

Nitrogenous substances 

Ammonium hydroxide (NH4OH)- 5,20E-03 

Uric acid 5,90E-05 

Urea (CH4N2O) 1,00E-02 

Creatinine 8,40E-05 

Vitamins 

Thiamine hydrochloride (C12H17ClN4OS·HCl) 5,01E-04 

Riboflavin (C17H20N4O6) 2,00E-03 
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Nicotinic acid (C6H5NO2) 4,10E-01 

d-Pantothenic acid calcium salt ((C9H17NO5)2Ca) 1,04E-02 

 

A solution of tris(hydroxymethyl)aminomethane 1 M was used to adjust the 

artificial sweat pH to 7.4. This pH value was selected because it is within the 

typical range of human sweat (between 4 and 8) [45]. In the case of glucose 

detection, the pH of the artificial sweat solution was increased to 13 to establish 

the alkaline conditions required for optimal sensor performance [44]. 

All tests were repeated three times using new electrodes and fresh solutions for 

each test. 

 

4.2.4 Fabrication of Paper-Microfluidic System 

The paper microfluidic system is shown in Fig. 4.6. Chromatographic paper 

(Whatman type 1) was used. The paper fluidic channels were positioned and 

sandwiched between two vinyl layers patterned using a cutter plotter. These vinyl 

layers presented several windows to expose specific areas of the paper and to aid 

in aligning the paper component with the chip. 

 

 

Figure 4.6: Paper-microfluidic electrochemical system. 
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The chip and the paper-based fluidic component were assembled in a PMMA cell, 

as shown in Fig. 4.6. Four clamping structures were used to press the bottom and 

top parts of the PMMA cell, maintaining constant pressure. This system was 

designed for easy assembly and disassembly, allowing the replacement of the 

paper component after each measurement. Two windows on the top exposed the 

sample addition and sink areas of the paper component, while a third window 

accommodated a 4-pin spring-loaded connector to make contact with the 

transducer array.  

 

4.2.5 Electrochemical Performance in the Paper-Microfluidic System 

The gold chip with four electrodes was used to investigate uric acid and chloride 

detection in the microfluidic paper system described above. Ag electrodeposition 

was performed on electrode b), and then rGO-AuNps electrodeposition was 

carried out on electrode c) (Fig.4.5). CA tests were performed. Seven analyte 

concentrations and a blank were analyzed with a single fluidic paper, with 

injections each being 7 µL. These tests were conducted with solutions containing 

a single analyte and with solutions containing both analytes simultaneously. 

 

4.3 Results and Discussion 

As mentioned in the previous section, before electrochemically modifying the 

working electrodes for the detection of the three analytes, the gold bare electrodes 

were electrochemically characterized. Fig. 4.7a presents the CVs recorded in Fc-

MeOH 1 mM at different scan rates. The increase in scan rates resulted in a shift 

of the peak potential towards higher values [46]. The CV profile corresponds to 

the redox species in the solution. The oxidation and the reduction current peaks 

show a linear dependence with the square root of the scan rate, Fig. 4.7b, 

suggesting a diffusion-controlled process. The similar slope and values of 
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oxidation and reduction also suggest a reversible reaction. This observation aligns 

with previous literature [47]. 

 

 

Figure 4.7: a) CVs recorded in a 0.1 M KNO3 solution containing Fc-MeOH 1 mM at 

different scan rates and b) corresponding linear plots of the recorded anodic and cathodic peak 

current vs. the square root of the scan rate. 

 

 4.3.1 Uric acid sensor  

For the detection of uric acid, the surface of the gold WE was modified with 

rGO-AuNPs. The potentiostatic co-deposition was carried out at -0.8 V vs 

Ag/AgCl for 200 s [42]. This process achieved a balanced loading that ensured 

a high electrochemical surface area and excellent electrocatalytic activity for 

the oxidation of uric acid (UA). The co-electrodeposition of rGO and Au-NPs 

followed the reactions [48], [49]: 

GO + xH+ + ye- → rGO + zH2O (4.1) 

AuCl-
4 + 3e- → Au + 4Cl- (4.2) 

These reactions resulted in the deposition of rGO micro-sheets, which were 

almost uniformly covered with Au nanoparticles. Typical morphology can be 

observed in the SEM images reported in Fig. 4.8.  
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Figure 4.8: (a-c) SEM images a) 1000x, b) 20000x, c) 75000x, and d) EDS spectrum. 

 

The SEM images show the presence of AuNPs between the rGO micro-sheets. 

EDS spectrum (Fig. 4.8d) shows the Au peaks (from the gold chip and 

electrodeposited AuNPs) and the C and O peaks (from the electrodeposited rGO). 

According to the literature [50], the co-electrodeposition of AuNPs and rGO leads 

to the formation of an electrode with a higher surface area compared to pure rGO 

film. This is due to AuNPs that space the rGO sheets. In addition, AuNPs act as 

an electron transfer channel, further improving the rGO conductivity. 

The potential for uric acid oxidation was determined from LSV tests, which were 

conducted over a potential range of - 0.1 to 0.8 V (vs Au pseudo-RE) at a scan 

rate of 50 mV/s. These tests were carried out in a 0.1 M PBS solution with a pH 

of 7.4, containing 1 mM of uric acid. Fig.4.9 shows the difference between the 

gold bare electrode and the modified WE. The gold bare and the modified 

electrodes were calibrated by CA at 0.5 V vs Au pseudo-RE for 50 s in a range 
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of 0.01-0.5 mM (Fig. 4.10a). Fig.4.10b shows that the sensitivity of the sensor 

is about two times higher when the surface of the gold is modified by co-

deposition of rGO and Au nanoparticles. A sensitivity of 1.610 μA mM−1 (R2 = 

0.9997), with a mean RSD of 3.8 %, and a LOD of 4.3 μM was obtained. 

  

 

Figure 4.9: LSV tests carried out at 50 mV s-1 on the gold bare electrode (blue) and modified 

WE with rGO-AuNps co-deposition (red). 

 

 

Figure 4.10: a) CA at 0.5 V vs Au pseudo-RE in PBS 0.1 M containing different 

concentrations of uric acid and b) corresponding calibration lines with SD error bars (N=3) for 

gold bare electrode (black) and WE modified with rGO-AuNps co-deposition (red).  

 

The performance of the sensors was investigated in artificial sweat to study its 

behavior in a complex real matrix. From the LSV curve shown in Fig. 4.11a, a 

value 0.5 V vs Au pseudo-RE was selected to perform the CA tests on the sensor 

in artificial sweat. 



 

160 

 

 

Figure 4.11: a) LSV carried out at 50 mV s-1 on modified WE with rGO-AuNps co-deposition 

in artificial sweat and b) calibration lines obtained by CA at 0.5 V vs Au pseudo-RE in PBS 

(black) and in artificial sweat (red) with SD error bars (N=3). 

 

For uric acid dissolved in artificial sweat, a sensitivity of 1.610 μA mM−1 (R2 = 

0.997) with a mean RSD of approximately 3% was obtained (Fig. 4.11b). 

Compared to PBS, there was a small reduction in the value of sensitivity, so it 

can be concluded that there was a negligible effect of the matrix of artificial 

sweat on the sensor performance. Tab. 4.4 summarizes the key performance 

characteristics of the sensor in different testing conditions. Tab. 4.5 presents a 

comparison of various electrochemical sensors for uric acid in sweat. 

 

Table 4.4: Main features of the electrochemical sensor. 

Electrolyte 
Sensitivity / 

μA μM-1 

Sensitivity / 

μA μM-1 cm-2 
Mean RSD / % 

PBS 1.610 64.4 3.8 

Artificial sweat 1.583 63.3 3 

 

 

 

 

 

 

 

 

 

 



 

161 

 

Table 4.5: Analytical parameters for some existing electrochemical sensors to detect uric acid. 

Sensor Type 
Detection 

Method 

Sensitivity/ 

µA mM-1 

cm-2 

 

Linear 

Range / 

mM 

LOD / 

μM 

 

Sample Ref. 

MWCNT-

COOH-modified 

carbon electrode 

CA 23.17 0-0.04 3.58 
Undiluted 

sweat 
[51] 

CuNi-MOFGO 

nanomaterials-

based sensor 

CA 26 0.01-1 9.09 
Undiluted 

sweat 
[52] 

N-rGO/Au Das-

based wearable 

sensor 

CA 7.6 
0.005-

0.6 
3.7 

Undiluted 

artificial 

sweat 

[32] 

AgNWs-

PrussianBlue 

composite 

aerogel-based 

wearable sensor 

CA 50.6 0.01-3 0.05 

Undiluted 

artificial 

sweat 

[53] 

rGO-AuNPs-

modified gold 

WE 

CA 63.3 0.01-0.5 4.3 

Undiluted 

artificial 

sweat 

This 

work 

 

 

4.3.2 Chlorides sensor 

Silver (Ag) was selected as the active material for the chloride ion detection. Thus, 

the surface of the gold WE were modified by silver electrodeposition. LSV test 

was used to define the deposition potential of Ag on the electrode surface. The 

potential was varied in the cathodic direction from 0.2 to - 0.4 V at a scan rate of 

50 mV s–1 in a solution of HNO3 10 mM containing tartaric acid 15 mM and 10 

mM AgNO3 (Fig. 4.12a). Tartaric acid is a capping agent that protects the silver 

surface, improving its stability [54]. The deposition of silver starts at about - 0.1 V 

with a deposition potential of - 0.2 V, associated with the reduction process [55]:  

AgNO3 + e- → Ag + NO3
- (4.3) 

The potentiostatic deposition of Ag was carried out at - 0.2 V vs Au pseudo-RE. 

Using this potential, deposition time and concentration of AgNO3 were optimized 

to obtain a silver layer that would allow a complete calibration in the 

concentration range of 1-100 mM. The optimized conditions are 600 s using a 
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solution of AgNO3 100 mM. Fig. 4.12b-c shows the SEM images of the electrode 

after Ag electrodeposition. The silver particles, having a polygonal shape similar 

to [56], uniformly covered the electrode surface. From Fig. 4.12c, an average size 

of about 1 µm was calculated. The EDS spectrum (Fig. 4.12d) shows the 

formation of a deposit consisting of pure Ag. 

 

 

  

Figure 4.12: a) LSV carried out at 50 mV s-1 in 10 mM HNO3 containing tartaric acid 15 

mM and 10 mM AgNO3, b) SEM image 5000x, c) SEM image 20000x, and d) EDS spectrum. 
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Figure 4.13: LSV tests carried out at 50 mV s-1 on a) gold bare and b) modified WE. 

 

The absence of any oxidation peak in Figure 4.13a suggests that gold is inactive 

for chloride detection. After the surface modification, Figure 4.13b, the presence 

of two different oxidation peaks can be observed. 

In the blank solution (without chloride ions), a peak (P1) at 0.2 V was observed. 

It is related to the oxidation of Ag to Ag+. Following the addition of 1 mM NaCl, 

a second peak (P2) at 0.05 V, attributed to the oxidation of Ag to AgCl, and a 

decrease of the first peak was observed. Increasing Cl− concentration, from 1 mM 

to 5 mM, P2 increases in intensity with a corresponding decrease in the P1 peak 

intensity [57], [58]. This behavior was further confirmed by the results reported 

in Fig. 4.14, in which P1 peaks decreased until the complete oxidation of silver. 

 

 
Figure 4.14: LSV tests carried out at 50 mV s-1 on modified WE in NaCl with different 

concentrations. 
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The sensor was calibrated by CA at 0.05 V vs Au pseudo-RE for 50 s in a range 

of 1-100 mM (Fig. 4.15a).  

 

 

 
Figure 4.15: a) CA at 0.05 V vs Au pseudo-RE in PBS 0.1 M containing different concentrations 

of NaCl and b) corresponding calibration line with SD error bars (N=3). 

 

A sensitivity of 1.4 μA mM−1 (R2 = 0.9984) with a mean RSD of 2.5% (Fig. 4.15b) 

and a LOD of 39 μM were obtained in the linear range of 1-100 mM. From the 

LSV curve shown in Fig. 4.16a, a value of 0.1 V vs Au pseudo-RE was selected 

to perform CA tests in artificial sweat. 

 

 

Figure 4.16: a) LSV carried out at 50 mV s-1 on modified WE with Ag deposition in artificial 

sweat and b) calibration lines obtained by CA at 0.1 V vs Au pseudo-RE in PBS (black) and in 

artificial sweat (red) with SD error bars (N=3). 

 

A sensitivity of 1.44 μA mM−1 (R2=0.9979) with a mean RSD of 1.4% (Fig. 

4.16b) was obtained for NaCl dissolved in artificial sweat. This value is 
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practically the same obtained in PBS, thus the matrix of artificial sweat does not 

affect the ability of the sensor to detect chloride ions. 

Tab. 4.6 summarizes the key performance characteristics of the sensor in different 

testing conditions.  

 

Table 4.6: Main features of the electrochemical sensor. 

Electrolyte 
Sensitivity / 

μA μM-1 

Sensitivity / 

μA μM-1 cm-2 
Mean RSD / % 

PBS 1.40 56 2.5 

Artificial sweat 1.44 57.6 1.4 

 

Tab. 4.7 presents a summary of various electrochemical sensors from the 

literature, highlighting its analytical features for chlorides in sweat. 

 

Table 4.7: Analytical parameters for some existing electrochemical sensors to detect 

chlorides. 

Sensor Type 
Detection 

Method 

Sensitivity/ 

µA mM-1 

cm-2 

 

Linear 

Range / 

mM 

LOD / 

μM 

 

 Sample Ref. 

Paper-based 

electrochemical 

sensor 

CV 

1.98 µA 

mM-1 (WE 

are not 

provided) 

10-200 1000 
Undiluted 

sweat 
[59] 

AgNPs on 

polyester-SPE 
CV  - 2-40 - 

1:4 diluted 

synthetic 

sweat 

[60] 

Silver ink on 

polypropylene 

film 

LSV - 0.1-20 18.83 

1:100 

diluted 

sweat 

[61] 

AgNPs-modified 

carbon WE 

(SPCE) 

LSV 2.32 5-60 - 
Synthetic 

sweat 
[62] 

Ag-modified 

gold WE 
CA 57.6 1-100 39 

Undiluted 

synthetic 

sweat 

This 

work 
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4.3.3 Glucose sensor 

For the detection of glucose, the surface of the gold WE was modified with NiNPs 

electrodeposition. To define the deposition potential of Ni, the LSV was carried 

out in the potential range from 0 to -1 V at a scan rate of 50 mV s–1 (Fig. 4.17a). 

A solution containing 0.5 M H3BO3, KNO3 0.1 M and NiSO4 0.1 M [43] was 

used. Ni electrodeposition starts at - 0.6 V with a peak at - 0.8 V. Potential and 

time deposition values were tuned to obtain optimal conditions (-0.8 V for 100 s). 

 

          

                
 

Figure 4.17: a) LSV carried out at 50 mV s-1 in H3BO3 0.5 M containing KNO3 0.1 M and 

NiSO4 0.1 M, b) SEM image 40000x, and c) SEM image 80000x, and d) EDS spectrum. 

 

Figure 4.17b presents the SEM images of the electrode following the 

electrodeposition process. The SEM images reveal the formation of a Ni film 

composed of grains with an average diameter of 80 nm and with a morphology 
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that closely mirrors patterns reported in the literature [63], [64]. The EDS 

spectrum (4.17c) further confirms the presence of Ni on gold electrodes. 

Fig. 4.18a shows the absence of any oxidation peak, suggesting that the gold bare 

electrode is not an active material for glucose detection. 

 

 

Figure 4.18: CVs carried out at 50 mV s-1 on a) gold bare and b) modified WE. 

 

In contrast, using the modified electrode, distinct redox peaks can be observed 

(Fig. 4.18b). These peaks correspond to the redox reaction of the Ni2+/Ni3+ couple 

occurring on the electrode surface [65]. In alkaline solutions, the following 

mechanism has been proposed [66], [67]:  

Ni + 2OH- → Ni(OH)2 + 2e- (4.4) 

Ni(OH)2 + OH- → NiO(OH) + H2O + e- (4.5)  

Upon adding glucose to the NaOH solution, Ni³⁺, generated on the surface of the 

electrode, quickly oxidizes glucose to glucolactone:  

NiO(OH) + glucose → Ni(OH)2 + glucolactone (4.6) 

This process leads to the consumption of Ni³⁺ and the formation of Ni²⁺, which 

causes an increase in the oxidation peak current and a decrease in the reduction 

peak current [65]. 
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From Fig. 4.18a a potential value of 0.6 V vs Au pseudo-RE was selected to 

calibrate the sensor in the range of 0.05-2 mM (Fig. 4.19a).  

 

 

Figure 4.19: a) CA at 0.6 V vs Au pseudo-RE in NaOH 0.1 M containing different glucose 

concentrations and b) corresponding calibration line with SD error bars (N=3). 

 

A sensitivity of 4.34 μA mM−1 (R2=0.998) with a mean RSD of approximately 

0.5% (Fig. 4.19b) and a LOD of 27 μM was obtained in the linear range of 0.05-

2 mM. Glucose detection was also studied in artificial sweat. Fig. 4.20 showed 

that, at increasing glucose concentration, the oxidation peak was less evident. 

 

 

Figure 4.20: LSV tests carried out at 50 mV s-1 on modified WE with Ag deposition in 

artificial sweat containing different glucose concentrations. 
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The sensor was used for the LSV test in NaOH 0.1 M. As shown in Fig. 4.21a, 

there were no oxidation peaks anymore. The most likely hypothesis is that some 

species present in artificial sweat poisoned the nickel on the electrode surface, 

thereby preventing subsequent glucose detection. For example, chlorides or 

nitrogen compounds can form complex ions with nickel, blocking its active sites 

and inhibiting its effectiveness in catalytic application [68], [69]. 

So, to obtain more stable NiNPs, GO 0.5 mg mL-1 was added to the deposition 

solution [70] and 40 CVs were carried out in NaOH 0.1 M (from 0 to 0.7 V at 100 

mVs-1) after the deposition as pretreatment to facilitate the formation of Ni(OH)2 

and improve the stability of nanoparticles [71].  

 

 

Figure 4.21: LSV tests carried out at 50 mV s-1 in NaOH 0.1 M and glucose 1 mM after LSV 

in artificial sweat for WE modified with the a) first method and the b) second one. 

Figure 4.21b shows that, with the new deposition, the oxidation peak is more 

stable after LSV tests in artificial sweat. Although the stability of NiNPs had been 

enhanced, the sensor was still unable to detect glucose in artificial sweat. The 

effect of various components found in artificial sweat that might interfere with 

glucose detection was investigated. Fig. 4.22 demonstrates that the addition of 

some species, such as urea, ammonium hydroxide, and lactic acid, which are 

commonly found in sweat, into the solution leads to a significant shift in the 

glucose oxidation peak. According to the literature, for non-enzymatic sensors, 

these species cause interference issues in glucose detection, particularly when 
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present at typical sweat concentration [72], [73], [74]. As a result, it becomes 

challenging to reliably detect glucose by CA under these conditions.  

 

 

Figure 4.22: LSV tests carried out at 50 mVs-1 in NaOH 0.1 M also containing some species 

commonly present in sweat. 

 

 

4.3.4 Electrochemical Performance in the Paper-Microfluidic System 

The gold chip with four electrodes was employed to detect uric acid and chloride 

ions in the previously described paper-based microfluidic system. This system 

was used to demonstrate its potential for real-time, on-site detection with minimal 

volume required, making it suitable for medical applications. The simplicity and 

cost-effectiveness of the paper also provided an ideal medium for scalable and 

point-of-care diagnostics.  
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Figure 4.23: LSV in a solution containing 0.5 mM of uric acid in a paper-microfluidic 

system. 

Following the procedure described previously, the two working electrodes were 

modified with Ag and rGO-AuNps electrodeposition. First, uric acid detection 

was investigated by LSV, as reported in Fig. 4.23. A potential of 0.5 V was chosen 

to carry out CA tests (Fig. 4.24a) to detect different concentrations of uric acid.  
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Figure 4.24: a) CA recorded at 0.5 V and b) corresponding calibration line with SD error 

bars (N=3), c) calibration line obtained in the presence of increasing Cl- concentration. 

 

A sensitivity of 3.74 μA mM−1 (R2=0.9994) was obtained in the linear range of 

0.01-0.5 mM (Fig. 4.24b). CA tests at 0.5 V vs. Au pseudo-RE were also 

performed in the presence of increasing chloride concentration and the calibration 

line obtained under this condition is shown in Fig. 4.24c. The slopes are similar, 

indicating that the presence of chlorides does not affect uric acid detection.  

The detection of chloride ions was subsequently explored within the same paper 

microfluidic system. From Fig. 4.25, a potential of 0.1 V was chosen to carry out 

CA tests (Fig. 4.26a) to detect different flowing concentrations of chlorides.  
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Figure 4.25: LSV in a solution containing 1 mM of NaCl in a paper-microfluidic system. 

 

 

 

Figure 4.26: a) CA recorded at 0.1 V and b) corresponding calibration lines with SD error 

bars (N=3), c) calibration line obtained in presence of increasing UA concentration. 

 

A sensitivity of 3.72 μA mM−1 (R2=0.992) was obtained in the linear range of 1-

100 mM (Fig. 4.26b). Also in this case, CA tests were performed in the presence 
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of increasing uric acid concentration, and the resulting calibration line is shown 

in Fig. 4.26c. The presence of uric acid did not affect the chloride ions detection.  

 

4.4 Conclusions and Future Perspectives 

The integration of wearable and noninvasive sensors for real-time sweat analysis 

represents significant progress in health monitoring and disease prevention. The 

advantages of using sweat as a diagnostic medium - including its accessibility, 

ease of collection, and rich biomarker content - establish it as a promising 

alternative to traditional blood testing methods. While traditional methods rely on 

vigorous exercise or iontophoretic stimulation to induce sweat, innovations in 

microfluidic devices present a promising alternative. These devices enable 

continuous and non-invasive monitoring by requiring minimal sample volumes, 

which is crucial given the limited sweat production rates. Their ability to connect 

wirelessly enhances the real-time analysis of biomarker data, paving the way for 

personalized health monitoring solutions.  

In this research work, an electrochemical sensor to detect uric acid, chloride ions, 

and glucose in sweat was developed. This sensor consists of a silicon chip with 

gold electrodes, which were modified to optimize the detection performance for 

each of the three target analytes. Sensitivities of 1.610 μA mM−1, 1.4 μA mM−1, 

and 4.34 μA mM−1 were obtained for uric acid, chloride ions, and glucose, 

respectively. However, the detection of glucose presented a considerable 

challenge primarily due to the interference from various species present in the 

artificial sweat matrix. This complexity limited the ability of the sensor to 

accurately assess glucose levels. Consequently, the focus of this research analysis 

shifted to the detection of uric acid and chloride ions within the realized 

microfluidic system. The system showed a sensitivity of 3.74 μA mM−1 for uric 

acid and 3.72 μA mM−1 for chloride ions, with both analytes detection unaffected 

by the presence of each other. However, to further establish the effectiveness of 
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the electrochemical sensor, additional tests should be performed in a real sweat 

sample to assess the levels of these two biomarkers.  

This work highlights the promising application of electrochemical sensors in the 

field of non-invasive health monitoring, paving the way for further advancements 

in sweat analysis technology. 
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5. A Personalized Medicine Supply Chain Model for 

Respiratory Diseases in the context of Healthcare 4.0 

This chapter will assess how electrochemical sensors can be integrated into the 

healthcare system, focusing on their capabilities to increase the efficiency of 

disease prevention and diagnosis. Designed to enable early detection, these 

sensors should help cut down time spent trying to diagnose a patient’s illness, 

thereby improving treatment and general care. Part of this chapter will assess the 

economic viability of a novel, personalized self-testing system for patients 

suffering from respiratory diseases. This innovative method, based on the 

electrochemical sensor described in Chapter 3, aims to enable individuals to 

monitor their health, potentially minimizing the need for frequent hospital visits 

and reducing healthcare costs. This could help address challenges in effective 

screening and monitoring, reducing the number of undiagnosed or late-diagnosed 

cases. Despite the surge of research on biosensors for diagnostics, their use in 

clinical practice is still limited, probably due to the lack of proper patient care 

models. Drawing on existing literature, this chapter aims to propose a new 

personalized care model and evaluate its cost-effectiveness compared to 

traditional methods. 

 

5.1 Introduction 

5.1.1 The Evolution of Healthcare Supply Chains 

Both the changing demographics of populations in industrialized countries and 

the consequent increase in healthcare demand are nowadays widely regarded as 

critical challenges testing the ability of healthcare systems to provide effective 

patient care in the next future. The COVID-19 pandemic has played the role of a 

very recent stress test for the supply chains of healthcare, underlining several 

serious gaps in their resilience against rapid increases in demand [1]. Since SARS-

CoV-2 is highly contagious, there was an urgent need for tests capable of 
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providing rapid turnaround to institute preventive measures such as the isolation 

of confirmed cases and contact tracing [2]. This situation has heightened the 

vulnerability of these systems to disruption events, exposing their fragility under 

pressure. The increasing strain on our current healthcare systems underscores an 

urgent need for a redesign of the entire Supply Chain (SC). This would mean the 

approach would focus on enhancing responsiveness, resilience and efficiency in 

health care delivery [1], hence acting as a means to develop inclusiveness and 

economic viability for future health care. Fig. 5.1 shows how the pandemic 

affected different areas in healthcare services and different specialties as a result 

of the increased risks of transmission with COVID-19.  

 

 

Figure 5.1: COVID-19 impact on different specialties [1]. 

 

Considering that the aging population trend in most industrialized nations is likely 

to significantly increase, demand for healthcare, efficiency, and effectiveness of 

the systems in meeting population needs become a highly debated issue. In this 

context, decentralized healthcare organizations have the potential to be more 

responsive and inclusive compared to traditional hospital-centric SC models. This 
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point of view also reflects a long-standing debate on the decentralization of supply 

chains in healthcare, a concept born in the second half of the 20th century. During 

this period, decentralization became a key element, particularly through the 

evolution of point-of-care (POC) supply chain models. These models prioritize 

delivering healthcare services closer to or directly at the patient’s location rather 

than relying on centralized structures [3], [4]. POC tests offer numerous 

advantages, including affordability, ease of use, and the flexibility to be employed 

both at triage locations and outside traditional healthcare settings, making them 

essential tools for managing infectious diseases [5], [6]. However, the POC 

models that developed in different regions were not uniform; they varied 

significantly in their organizational structures, economic frameworks and 

regulatory mechanisms [7]. This lack of standardization led to questions regarding 

the economic efficiency of these models, with several studies highlighting cost-

related concerns [8], [9]. Pai et al. [10] have recently offered a comprehensive 

overview of modern decentralized healthcare supply chain models, outlining the 

range of remote service provision across five key settings: homes, communities, 

clinics, peripheral laboratories and hospitals. The growing emphasis on proximity 

healthcare structures in delivering primary care services has also been 

underscored by other authors [11], who propose a new, holistic approach to 

healthcare systems. This approach focuses on territorial medicine, anchored in 

community homes and community hospitals, representing a shift towards a 

decentralized healthcare model. Community medicine emerges as a pivotal 

element of this model, where healthcare professionals engage directly with local 

populations to address medical needs promptly, emphasizing prevention and early 

diagnosis. The objective is to harness the potential benefits of decentralization 

(improved efficiency, greater inclusiveness, reduction of territorial disparities) by 

establishing proximity healthcare structures that are interconnected through 

telemedicine technologies. This synergy between decentralization and digital 

connectivity enhances several healthcare processes, including the collection and 
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processing of patient data, the generation of electronic medical records and the 

provision of decision-support tools. These features are now the basis for the recent 

development of Personalized Medicine (PM), which aims at the improvement of 

prevention, diagnosis, and treatment, considering the differential needs of 

individual patients. PM can now be defined as a medical approach concerning the 

specific characteristics and needs of individual patients or clearly defined groups 

of patients by which the correct treatment is delivered using new diagnostic and 

therapeutic techniques. However, the introduction of new approaches and 

technologies into current health systems presents a range of technical and 

logistical challenges. It requires a significant redesign of healthcare supply chains, 

demanding new organizational and operational frameworks to accommodate the 

complexities of these healthcare models [12]. 

The shift towards next-generation digitalized SC models in the healthcare sector 

is fundamentally anchored in modern data management and communication 

technologies, including the Internet of Things (IoT), big data, augmented reality, 

and blockchain. This digital transformation is emerging as a crucial driver in the 

evolution of healthcare organizations [13], [14], steering them towards more 

efficient, inclusive and adaptable models. Within this framework, digital solutions 

that enable multidisciplinary and multi-professional diagnosis and treatment are 

essential for strengthening and standardizing territorial healthcare services. 

Beyond interconnection technologies, another important technological pillar of 

PM is the modern bio-sensing system that enables the detection of the 

concentration of electro-active chemical compounds [15]. Typically, these 

measurement systems are integrated into miniaturized devices designed as either 

lab-on-PCB (Printed Circuit Board) (Fig. 5.2) or lab-on-chip platforms. Lab-on-

PCB systems are compact, embedded devices that integrate a sensing subsystem, 

communication module, power supply and human-machine interface into a single 

PCB enclosed within a small handheld case [16].  
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Figure 5.2: An example of a lab-on-PCB microfluidic device [17]. 

 

In contrast, lab-on-chip devices elevate this design to a higher level of 

miniaturization, consolidating these functions onto a single microchip. On top of 

lowering production costs, several diagnostic or analytic applications transmit 

data in real time. New techniques, such as deep learning-based Artificial 

Intelligence (AI), have shown significant contributions in helping medical experts 

in the development of prevention and treatment strategies. Big data processing 

technologies can manage huge, multi-dimensional biomedical datasets [18], 

produced in personalized healthcare applications and constitute the remaining 

important technological infrastructure necessary for sophisticated PM services. 

 

5.1.2 Global Impact of Chronic Respiratory Diseases 

Respiratory diseases affect numerous individuals all over the world, and their 

numbers are expected to rise in the next few decades [19]. In addition, Chronic 

Respiratory Diseases (CRDs) include recently focused on airway and lung-related 

disorders like Chronic Obstructive Pulmonary Disease (COPD), asthma, 

pneumoconiosis, interstitial lung disease, or pulmonary sarcoidosis. All these 

diseases, according to the World Health Organization (WHO) data, are 

encountered by 500 million people taking globally [20]. This is even higher 
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because there is a great deal of COPD, 45–65% of the cases are not detected due 

to the lack of systematic screening programs [21].  

CRD was ranked the leading cause of death worldwide in 2019, claiming about 4 

million lives, thus placing a colossal burden and expense on healthcare systems 

[22], [23]. These conditions feature in the top ten leading causes of global deaths, 

accounting for 8% of all deaths in the European Union in 2015. They also impose 

considerable financial costs, costing about 6% of the EU's annual healthcare 

budget [24]. Respiratory diseases are among the highest burdens in health 

expenditure: in the US alone, expenditure due to respiratory diseases accounted 

for $170.8 billion in 2016 alone, way above that seen in the last decade [25]. 

Recent global estimates of the burden and health effects of CRDs were based on 

the Global Burden of Diseases (GBD), Injuries and Risk Factors Study 2017 [26], 

but updated and more accurate estimates are available from GBD 2019. Major 

risk factors for CRDs include environmental exposures, as well as smoking, 

which vary sharply by region, culture, age, and gender. Knowledge of such trends 

and the identification of high-risk populations can facilitate efforts on the part of 

policymakers in the development of more effective interventions to minimize 

disability and premature death [27]. The incidence and prevalence of CRDs in 

absolute numbers have been increasing over the last three decades worldwide. 

Fig. 5.3 expresses the Age-Standardized Rate (ASR) of prevalence and incidence 

of chronic respiratory diseases in 2019 in the world. 

 



 

187 

 

 

Figure 5.3: Age-standardised rate of prevalence and incidence of CRDs in 2019 [28]. 

 

Significant progress has been made globally in reducing the ASRs of deaths, 

prevalence, and incidence of conditions like COPD, asthma, and pneumoconiosis. 

However, this progress varies across different regions and demographics [28]. 

Smoking remains the leading global risk factor for CRDs, followed by ambient 

PM pollution. New risk factors, like non-optimal temperatures, have highlighted 

the impact of climate change on CRDs, particularly COPD. Climate change can 

lead to greater temperature variability, which may exacerbate COPD and extend 

pollen seasons, increasing asthma cases [29], [30]. Globally, ambient PM 

pollution is the second-largest risk factor for CRDs, with no major change over 

the past three decades. While Europe has seen a decline in pollution-related 
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CRDs, other regions, especially Sub-Saharan Africa, have experienced an 

increase due to climate change and urbanization [31].  

COPD still ranks as one of the main causes of the world's burden of CRDs. In 

2019, it contributed to 3.3 million deaths. It has a prevalence of 212.3 million and 

a new case estimate of 16.2 million reported globally. Geographically, high-

income North America has the highest prevalent cases. On the other hand, 

Oceania reports the highest incidence. COPD is the primary condition associated 

with occupational risks. The highest rates of occupational risk-related CRDs are 

seen in South Asia, Oceania, and East Asia, where resource allocation and 

occupational safety measures are essential to reducing toxic exposures. These 

findings highlight the critical need for tailored interventions to address COPD and 

its risk factors, particularly in regions where household air pollution and 

environmental conditions significantly impact the disease burden [28]. 

Workplace health is very much affected by respiratory diseases. The situation that 

has been reached by the increasing of occupational diseases among workers in 

industry is both dangerous and expensive. There has been a significant change in 

Europe, particularly in the major sources of occupational exposure to respiratory 

hazards. In the early 20th century, workers in big industries were generally 

exposed to mineral dust at higher levels [32]. After World War II, 

pneumoconiosis, strongly linked to coal mine dust exposure, was the most 

common occupational lung disease. Minimization of dust levels is one of the 

incredible progress that has been achieved, along with effective preventive 

measures through the development of mechanization and automation in mining 

and foundries [33]. 

Estimating the share of occupational exposures in the incidence of some 

respiratory diseases, like COPD, is hard since the affection of smoking is very 

strong and it often begins late, often after retirement. However, only about 15% 

of cases of COPD in Western countries can be traced back to exposure to vapors, 

gases, dust, and chemicals [34]. One sector with a high prevalence of occupational 
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respiratory diseases is the manufacturing industry. Research has shown that 

workers in this sector face double the risk of dying from respiratory diseases 

compared to non-manual workers [35]. While using masks and having regular 

health checks can help reduce these risks, they don’t provide real-time monitoring 

of workers’ health. As industrial processes and materials evolve, new risks 

emerge for workers in the workplace. This underscores the need for ongoing 

monitoring of the workers’ condition to ensure their well-being [36]. In this 

context, integrating wearable devices into PPE (Fig. 5.4) that workers already use 

could allow for real-time monitoring of their physiological conditions, enhancing 

safety and health management [37].  

 

 

Figure 5.4: a) Electronic device integrated into face mask to collect data that are 

transmitted to smartphone and then to server for data storage, b) scheme of the device attached 

to face mask attachment of the devices, (c-d) optical microscopy images of c) capacitance sensor 

pad and d) microprocessor, resistors and accelerometer assembled on the flexible printed 

circuit board (fPCB), e) scheme of fPCB, f) photo of the face mask integrated with the sensor 

and g) photo of a person wearing the face mask [38]. 
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However, a major challenge is the economic and social burden caused by 

misdiagnoses and delayed diagnoses [39]. The economic impact associated with 

respiratory diseases is significant with direct healthcare costs amounting to 

approximately 6% of the EU's total annual healthcare budget [24]. In the United 

States, spending on respiratory diseases reached $170.8 billion in 2016, reflecting 

a sharp rise over the preceding decade [25]. These diseases also have a substantial 

impact on occupational health, with regular medical surveillance tests required in 

workplaces where exposure to hazardous substances is common. Also, indirect 

costs associated with respiratory diseases place a significant burden on employers. 

These costs manifest as productivity losses, absenteeism, reduced work 

performance, and increased disability claims [40]. Research indicates that indirect 

costs often surpass direct costs. For instance, in Europe, indirect costs make up 

61%, 82%, and 83% of the overall per-patient costs in Italy, the Netherlands, and 

the UK, respectively. Germany records the highest costs due to work productivity 

loss, while Greece has the lowest. Similarly, Germany sees the highest costs 

related to early retirement, while Sweden has the lowest [41], [42], [43]. 

Additional studies highlight that patients with respiratory diseases are less likely 

to be employed compared to healthy individuals, with early retirement costs 

contributing 40–82% of the total economic burden [44], [45]. A specific study on 

the economic burden of COPD demonstrated that this burden, especially for 

moderate to severe cases, is expected to rise. The average annual cost per COPD 

patient was found to be $4,147, with acute exacerbations costing $1,673 per 

patient, 82% of which was due to hospitalizations. Historical surveys from 

2000/2001 and 2001/2002 revealed COPD-related healthcare costs of $3,195 per 

patient, with costs of $641 for moderate cases and $9,557 for severe cases [46], 

[47]. This highlights a critical issue with the current diagnostic approaches that 

have proven inadequate in effectively addressing the needs of the population, 

indicating a need for more accurate and timely diagnostic tools.  
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As discussed before, there is an increased concern in identifying new approaches 

to treat respiratory diseases, particularly over the past three years due to the 

COVID-19 pandemic. At present, respiratory screening and monitoring are 

primarily based on analyses of Exhaled Breath Condensate (EBC). Traditional 

EBC analysis involves collecting and condensing breath samples for lab analysis. 

However, since this process requires specialized labs, it's not practical for real-

time diagnostics [48]. Recently, researchers have been developing systems that 

skip the condensation step, enabling real-time, on-the-spot monitoring of 

physiological markers in breath [49], [50]. Advances in nanotechnology have led 

to a new class of high-performance biosensors [51], [52], [53], [54]. These sensors 

can be built into respiratory masks, allowing patients to test themselves and 

representing a reliable alternative to traditional testing.  

A key example of this coming revolution is the shift from traditional lab-based 

EBC analysis to wearable biosensors, like the Lab-on-Mask concept [55], [56], 

[57], [58], [59]. Recent reviews, such as one by Hussain et al. [60], have explored 

these cutting-edge approaches. These developments highlight a major challenge 

in modern PM: integrating decentralized healthcare services into effective patient 

care models. The goal is to find scenarios where these new methods can 

outperform current clinical practices.  

 

5.2 Methodology 

5.2.1 Respiratory Health Monitoring: from traditional to innovative 

approaches  

The traditional management process of diseases of the respiratory system involves 

three decisive stages: [61] (Fig.5.5): 

- Diagnostics: is concerned with the identification of the pathology affecting 

the patient, such as Chronic Obstructive Pulmonary Disease (COPD), asthma, 
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or lung cancer. Proper diagnosis is essential in choosing the right therapy and 

strength of treatment that needs to be initiated. 

- Therapy: once a diagnosis is made, the focus shifts to a specific treatment of 

the condition that has been diagnosed. 

- Follow-Up: when the treatment phase is completed, the next step is to 

establish an assessment program with the aim of measuring how successful 

the treatment was and also assessing the patient's condition during the course 

of time. 

 

 

Figure 5.5: Workflow of operations for managing respiratory diseases. 

 

The diagnostic phase focuses on measuring the concentrations of specific 

biomarkers in EB. Key biomarkers include hydrogen peroxide, lipid mediators, 

purines, and cytokines [62], [63]. To obtain these samples, a non-invasive 

collection method is employed, where the patient breathes into a mask connected 

to the expiratory circuit of a mechanical ventilator [64] (Fig. 5.6).  

 

 

Figure 5.6: Representative scheme of the clinical practice for the collection of EBC. 
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The process of sample collection involves cooling them within a specialized unit 

to approximately 4°C, maintaining this temperature until the dew point is 

achieved. Once condensed, the Exhaled Breath Condensate (EBC) can either be 

analyzed immediately or preserved for later analysis. To prevent the degradation 

of key biomarkers during storage, the samples need to be securely sealed and 

frozen at around −80°C [65]. Various commercial devices are used for this 

refrigeration process, including the EcoScreen (FILT Lung and Chest Diagnostics 

Ltd, Germany), TURBO-DECCS (Medivac, Italy), and ANACON (Biostec, 

Valencia, Spain). These systems use diverse cooling techniques, such as ice, 

liquid nitrogen, cooling sleeves, and electric refrigeration units. Following the 

collection and storage of EBC samples, the concentration of essential biomarkers 

can be determined through a range of analytical techniques, including 

spectrophotometry, fluorimetric assays, and chemiluminescence. Among these, 

the gold standard for breath analysis is Gas Chromatography coupled with Mass 

Spectrometry (GC-MS). This sophisticated technique requires complex 

laboratory equipment and the expertise of trained personnel, making it suitable 

only for centralized laboratory settings [66]. GC-MS is hence, unsuitable for POC 

or homecare applications that demand instrument portability and ease of use. In 

summary, while the non-invasiveness of EBC analytics represented an important 

advantage, several other issues significantly limit the practical feasibility and 

reliability of this diagnostic tool: 

- extended sample collection Time: collecting a sufficient volume of EBC can 

be a time-intensive process. For instance, obtaining just a 1-mL sample 

generally requires the patient to breathe continuously for a minimum of 10 

minutes. This extended collection period can be inconvenient for patients and 

may limit the feasibility of this method for routine or large-scale applications 

[66]. 

- potential alteration of volatile compounds: one of the critical drawbacks of 

EBC analysis is the risk of altering the composition of volatile substances 
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during various stages, such as condensation, freezing, and storage. However, 

volatile compounds can sublimate into the airspace above the frozen EBC on 

reopening of the container, such substances may disperse with a potential loss 

or degradation of key biomarkers. This aspect will compromise the accuracy 

and reproducibility of the analysis and, thus, the reliability of the results [67]. 

The most significant issue with EBC sampling lies in the absence of a 

standardized collection protocol. This lack of uniformity leads to variations in 

sample quality, as different collection methods can yield inconsistent results. In 

the context of home care settings, although portable EBC sampling devices exist, 

such as the R-Tube (Respiratory Research, USA), they are not designed for patient 

self-operation. Therefore, specialized technicians must visit the patient's location 

for the collection of the sample and its transportation to a lab for analysis. This 

process, while being very time-consuming and expensive, is also questionable in 

terms of its reliability-as pointed out by various studies [68]. 

The proposed PM approach aims to address these challenges through a self-testing 

procedure using a smart device designed to measure hydrogen peroxide 

concentration in exhaled breath. This innovative method eliminates the need for 

sample condensation, thereby simplifying the testing process and minimizing the 

risk of sample alteration. This device features a carbon nanocluster mask that 

complies with the 93/42 EEC bacteriostatic directive and is equipped with the 

electrochemical sensor widely described in Chapter 3. Fig. 5.7 shows a schematic 

representation of this proposed smart self-testing device. 
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Figure 5.7: Representative scheme of smart self-testing device. 

 

Overall, the smart device’s design and functionality offer a promising solution for 

at-home EBC analysis, streamlining the testing process and ensuring more 

consistent, reliable results without the need for specialized technicians.  

The proposed device is also equipped with a communication system based on fog 

computing architecture, enabling patients to conduct personalized self-testing at 

home or in decentralized community healthcare facilities, such as "community 

hospitals," without needing to visit a traditional hospital setting. The key 

distinction between conventional methods and the system presented here lies in 

the testing phase, which is pivotal for the early detection and diagnosis of 

respiratory diseases. Fig. 5.8 highlights the differences in the workflow of the 

testing process between the innovative personalized testing method proposed and 

conventional laboratory-based testing practices. 

As previously mentioned, a significant limitation of traditional EBC testing is that 

it necessitates sample condensation, freezing, and subsequent analysis, 

procedures that can only be conducted in specialized laboratories equipped with 

appropriate instruments and skilled personnel. In contrast, the personalized testing 

method introduced here utilizes a novel sensing device, allowing patients to 

measure hydrogen peroxide concentrations independently at home, without 

requiring extensive equipment or expert operators.  
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Figure 5.8: Traditional testing methods vs. Self-testing methods. 

 

5.2.2 System architecture of the proposed device 

In modern personalized healthcare system, the use of smart sensing devices for 

the continuous collection of patient clinical data in remote settings is increasingly 

recognized as a valuable approach for delivering decentralized screening services 

that enhance prevention while preserving cost efficiency. The real-time sharing 

of clinical information allows medical staff to engage in a timely, collaborative 

diagnostic process, which is crucial for reducing treatment costs. This 

collaborative diagnostic approach involves effective exchange of information and 

requires a robust and interconnected digital architecture. 

The development of a suitable data-sharing infrastructure is therefore essential to 

modern healthcare systems and serves as a main pillar of the Industry 4.0, which 
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emphasizes the digitalization and interconnection of supply chains and the 

creation of intelligent, collaborative networks using cloud, edge, and fog 

computing architectures. To achieve a scalable, patient-focused infrastructure that 

enables widespread screening programs for respiratory disease management, this 

research work proposed a fog-based architectural networking scheme that consists 

of an edge devices layer, a fog computing layer, and a cloud layer, as illustrated 

in Fig. 5.9. 

 

 

Figure 5.9: Fog-based architectural networking scheme for the treatment of respiratory 

diseases. 

 

The proposed architecture includes an Edge Computing Layer equipped with 

smart medical devices designed to measure key clinical parameters and generate 

anonymized, self-signed timestamped data records. These records are then 

transmitted to the cloud via edge gateways. Relevant patient data is forwarded to 

the top layer, where cloud servers facilitate data sharing with medical 

professionals, thereby aiding the diagnostic decision-making process. A crucial 

requirement for the effectiveness of fog architecture lies in its ability to allocate 

services efficiently across fog devices with constrained resources, particularly in 

real-world scenarios involving hundreds of concurrently connected devices. To 

ensure efficient processing, scaling the fog infrastructure with optimized service 
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allocation rules that consider device capabilities and service demands is essential. 

This necessitates the development and implementation of specialized algorithms 

that prioritize service allocation based on the severity and urgency of patients' 

health conditions. Current research is focused on estimating the average 

computational load and memory usage for standard services, with the goal of 

assessing how different allocation strategies impact system performance and 

resource utilization.  

Data security is another critical consideration in the design of a data-sharing 

architecture, especially when handling clinical data within networked healthcare 

systems. Ensuring patient privacy is paramount; therefore, data cannot be directly 

transmitted from personalized testing devices to fog nodes and cloud servers 

without increasing the risk of potential data breaches or security vulnerabilities. 

Effective management policies are needed to distribute data among fog nodes 

securely and to support heterogeneous IoT devices, employing encryption and 

secure transmission protocols to safeguard user privacy. Sensor networks are 

often seen as the most vulnerable points in data-sharing infrastructures, presenting 

potential entryways for malicious attacks. The literature on privacy-preserving 

communication and data security in fog architectures highlights various security 

solutions, such as access control, cryptography, anonymization, and the use of 

blockchain technology. Implementing access controls ensures that data requests 

are made by authorized users, while cryptography maintains data confidentiality. 

In medical devices, it is equally important to protect both data integrity and 

firmware, as compromised devices could be exploited for attacks like Denial of 

Service (DoS) or packet flooding. 

The majority of privacy-preserving communication strategies for fog 

infrastructure incorporate homomorphic encryption from IoT devices or attribute-

based encryption between IoT and fog layers. The fog computing model proposed 

here employs a lightweight attribute-based signcryption scheme, illustrated in Fig. 

5.10. This method, an extension of Attribute-Based Encryption and Attribute-
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Based Signature, ensures both data confidentiality and authenticity. In this 

scheme, a private key generator initializes the system and provides private keys 

to data owners (patients) and data users (medical staff). Patient health data 

collected by smart biosensing devices is signcrypted by the fog node, forming part 

of the ciphertext. Patients then complete the final signcryption and upload the 

ciphertext to the medical cloud. When medical staff request access, the cloud 

retrieves the ciphertext for preliminary un-signcryption. 

 

 

Figure 5.10: Fog infrastructure dataflow. 

 

In conclusion, although the technologies discussed are sufficiently developed for 

practical application, the security of fog architectures remains a significant 

concern. Ensuring a high level of reliability and security requires lightweight, 

efficient, and low-power security functions that can be deployed on resource-

constrained devices with limited power, memory, and battery capacity.  

The goal of this research work is to create an embedded device that is both cost-

effective and user-friendly, enabling homecare and patient self-testing with 

minimal technical expertise. The device is intended for patients with respiratory 

diseases to measure the concentration of hydrogen peroxide in their exhaled 

breath by simply wearing a mask for a brief period. It integrates a sensor, a 

potentiostat, a data processing microcontroller unit (MCU), a 2.4 GHz 

transceiver, and a Bluetooth Low Energy (BLE) module, all consolidated on a 
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single customized Printed Circuit Board (PCB). The modular design of the smart 

testing device is illustrated in Fig. 5.11. 

 

 

Figure 5.11: The modular architecture of the proposed device. 

 

The device operates through an advanced electrochemical sensor designed to 

detect hydrogen peroxide concentration. The sensor generates a raw electrical 

signal, which is processed by a microcontroller. This signal is then converted from 

analog to digital, filtered, and translated into a physical measurement. After 

processing by the microcontroller, the data is transmitted to the cloud via a fog 

layer for further analysis and centralized storage. A communication module 

within the system facilitates TCP/IP communication using the MQTT protocol, 

which is optimized for edge and fog computing [69]. In addition to employing 

secure standards like X.509 certificates for TLS/SSL protocols, patient data is 

pseudonymized to ensure privacy. Consequently, the transmitted MQTT 

messages contain only numerical data, devoid of any patient identifiers. 

The cloud layer processes both real-time and historical data, utilizing advanced 

computational techniques and machine learning algorithms to assist medical 

professionals in diagnosis and treatment. This approach supports personalized 

healthcare services. Additionally, feedback is provided to the user, and emergency 

alerts can be triggered when necessary. To accommodate elderly or less 

technically skilled patients, the device features a simplified human-machine 



 

201 

 

interface with tangible components and clear visual signals. The interface 

minimizes user interaction to a single button and a multicolor LED (green, yellow, 

red) to reduce cognitive load. Green indicates normal operation and readiness for 

use, while yellow signals the test in progress. This minimalistic interface enhances 

ease of learning, efficiency, and error reduction. The system connects 

automatically to available networks via Wi-Fi or cellular networks (5G/4G/6G). 

Maintenance and configuration are managed by technical staff, with the device 

being remotely monitored for malfunctions. If issues arise, a red light alerts the 

user, and a message is sent to technical personnel for intervention. Preventive 

maintenance is scheduled annually, ensuring optimal device performance and 

calibration. Remote alerting, combined with real-time parameter monitoring, 

provides a cost-effective solution for healthcare providers. 

 

5.2.3 A systematic methodology for evaluating Healthcare Supply Chains 

The approach that was adopted in this research work for evaluating the different 

SC models is the Cost of Illness (COI) method, which is considered as a useful 

approach in assessing supply chain management in the healthcare sector. The COI 

method [70] classifies healthcare expenses into two categories: direct costs and 

indirect costs. Direct costs are expenses that can be directly attributed to patient 

care and are essential for delivering healthcare services. These costs include: 

- Labor costs: cover the salaries of medical and paramedical, calculated based 

on the median salaries of professionals involved in each cost center. They 

constitute a significant component of the costs because they include the time 

healthcare providers spend on patient care ranging from consultations to 

various diagnostic and treatment procedures.  

- Equipment costs: account for the selling price of the equipment and devices 

used in the medical procedures. These consist not only of purchasing costs but 

also of certain estimated salvage value and costs of periodic calibration, 

maintenance, and repairs. Proper management of such equipment enhances 
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the precision and dependability of the diagnostic and therapeutic processes, 

which are very important for the success of patient outcomes. 

- Consumable costs: refer to all supplies used during medical testing and 

procedures like reagents, chemicals, and other disposables. 

Indirect costs reflect the economic impact of disease; they account for 

productivity losses caused by illness, which can arise from morbidity and 

mortality [71], [72], [73], [74]. Based on the COI method, this research employed 

two key cost indicators [75], [76] to compare the efficiency of different SC 

models: the Average Cost per Test (ACt) and the Average Annual Cost per Patient 

(AACp): 

𝐴𝐶𝑡 =
(𝐸 +𝑆+ 𝐿)

𝑁
  (5.1) 

𝐴𝐴𝐶𝑝 =  𝐴𝐶𝑡 𝑛  (5.2) 

,where E is the annual cost of equipment, S is the annual cost of supplies 

(consumables), L is the labor cost, N is the total test number conducted per year, 

and n represents the average test number performed on each patient annually. 

Specifically, labor cost per test is still described in terms of single test costs, which 

are evaluated through the total time taken to conduct testing processes, which is 

dictated by the logistics of service delivery in the healthcare sector. The 

effectiveness of the healthcare supply chain is assessed by looking at three 

dimensions [28]: 

- Time to Diagnosis: the time from the start of symptoms to the point a patient 

is diagnosed. Delays at this stage may adversely affect the health condition of 

the patient, and hence efficiency improvement in healthcare service needs to 

focus on this area. A typical example could be a patient delay, which 

represents the duration between the initial occurrence of the symptom and the 

time a patient sees a doctor. Some of them, at this point, may attempt to do 

their assessment about the symptoms they manifest and may even try to treat 

themselves, thus worsening the state of their health. The delay healthcare 
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system stands for the period within which the patient goes for the first 

consultation and the time they get a conclusive diagnosis. It may arise due to 

scheduling, laboratory processing, and other inter-physician communications. 

The total of these delays tends to affect the well-being of the patient’s 

condition, as has been widely reported in various diseases [29], [30]. 

- Time to Treatment Initiation: the period between diagnosis and the start of 

treatment. Reducing this time frame is essential for timely medical 

intervention, which can significantly impact patient recovery and overall 

prognosis. 

- Time to Recovery: the time from the start of treatment until patient recovery, 

illustrating the effectiveness and efficiency of the therapeutic processes. 

Another key performance indicator is the Total Turnaround Time (TAT), defined 

as the time between ordering a test and receiving the final report [77], [78]. The 

methodology of this research adopted a comprehensive workflow model, which 

divides the testing process into three main phases [79]: 

- Pre-Analytical Phase: covers activities from the initial test order to the 

physical transfer of samples to the laboratory. This phase includes sample 

collection, labeling, and preparation. 

- Analytical Phase: begins with sample processing, where samples are 

identified and analyzed. 

- Post-Analytical Phase: involves verification and dissemination of results. 

Fig. 5.12 summarizes these different steps in the laboratory test workflow. 

 

Figure 5.12: Workflow of a laboratory test. 
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By evaluating these three phases and tracking TAT, this methodology allowed for 

a detailed assessment of the efficiency of different SC models in healthcare.  

 

5.3 Results and Discussion 

This section presents the results on supply chain efficiency for traditional care 

models (CM and POC) compared to the innovative PM model proposed.  

In the CM scenario, a patient travels to a specialized structure for testing, assisted 

by professional staff. The traditional POC testing model involves medical staff 

who visit the patient’s location with portable equipment, collect the sample and 

then transport it to the lab for analysis. In contrast, the proposed PM model 

enables patients to conduct self-testing using a device without the need for 

professional medical assistance.  

Currently, most respiratory medicine testing is conducted in centralized labs, 

while POC tests using portable devices are primarily reserved for patients who 

are unable to travel. This method not only incurs higher costs per patient but also 

introduces delays due to transport and lab queuing. Additionally, the analysis of 

both CM and POC testing focuses on intra-laboratory activities, overlooking non-

analytical delays from extra-laboratory processes [80].  

To determine the average testing cost in the CM scenario, several expenses related 

to equipment, labor and consumables were evaluated. Table 5.1 outlines the 

market costs for lab devices typically used in EBC sampling, while Table 5.2 lists 

the costs for suitable commercial GC-MS devices.  
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Table 5.1: Cost of EBC sampling devices. 

Name  

of Device 
Producer 

Cooling 

System 

Specific 

Features 

Approx. 

U    C    / € 

EcoScreen2 

FILT 

Lungen-& 

Thorax 

Diagnostik 

GmbH, 

Germany 

Electrical 

cooling 

System 

Fractionated 

collection 

possible 

20k€ 

RTube 

(sample 

collection only) 

Respiratory 

Research, USA 

Pre-cooled 

sleeve 

sensitive to 

higher ambient 

temperature 

May be used 

at home by 

unsupervised 

subjects 

50€ 

TurboDECCS 
Medivac, 

Italy 

Electrical 

cooling 

System 

Fractionated 

collection 

possible 

15k€ 

 

Table 5.2: Cost of EBC analysis lab devices. 

Name  

of Device 
Producer Specific Features 

Approx. Unit 

C    /€ 

Agilent 

8890 + Agilent 

7697A and 

5977B 

Agilent 

Gas Chromatograph With 

Headspace Sampler and MSD 

Detector (GC-MS) 

125k€ 

Varian 

3800 GC 

Varian, 

Walnut 

Creek, CA) 

VF-5ms 5% phenol/95% PDMS 

column and a 4000 Ion Trap MS 

(Varian) equipped with Electron 

Ionization source (EI) 

120k€ 

 

The key differences between CM and POC testing lie in the equipment costs and 

overall TAT. In the POC model, additional costs for the portable sample 

collection and storage unit are considered, and TAT is longer due to transportation 

times. In the CM scenario, it is assumed that the patient covers their travel costs 

to the centralized structure, so transportation is not included. 

The fixed annual equipment costs are based on the selling price of an EBC 

condenser unit and GC-MS equipment in the CM scenario, while the POC scheme 

includes additional costs for the portable sampling and storage system. In both 

cases, a non-discounted annual depreciation was applied, assuming a useful life 

of 5 years for each device with no salvage value. Labor costs are associated with 

a technician operating the sampling device and analyzer, charged at a rate of €35 
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per hour. This involves a TAT of 30 minutes for the CM scenario and 60 minutes 

for the POC scenario. A POC study [80] using a portable GC device reported a 

total sampling time of 33 minutes, including analysis in homecare settings, which 

aligns with the assumption of a 1-hour TAT that accounts for transport. In 

contrast, CM requires patients to visit centralized labs, with a TAT estimated at 

30 minutes [81]. Table 5.3 summarizes the testing costs for CM and POC models. 

 

Table 5.3: CM and POC testing costs. 

 CM Model POC Model 

Eq        [€/y   ] 25,000 28,000 

L b   [€/    ] 17.5 35 

C      b    [€/    ] 0.5 1 

TAT [h] 0.5 1 

 

In the PM scenario, each patient is expected to have a personal testing device, 

assuming bi-monthly testing for a total of 6 tests annually. This aligns with current 

clinical practices for managing COPD, which typically involve testing every 6 

months for mild cases and every 2 weeks to 1 month for severe exacerbations 

[82]. The self-testing device, which interacts with a smartphone, consists of 

several components: a Micro-Controller Unit (MCU), a potentiostat, a battery, a 

power supply unit, a communication module with an antenna, and minor 

additional elements. The total variable cost for this device, including the Printed 

Circuit Board (PCB), is around € 115 per unit. Initial costs also include research 

and development, patenting, firmware development, compliance with the EU 

Medical Device Directive 93/42/EEC and CE certification for market entry. 

Organizations involved in design, production, installation, and servicing must 

implement an ISO 13485 quality system, subject to annual audits by relevant 

authorities. The fixed industrial cost is estimated at about € 145 per unit, assuming 

a minimum production of 1000 units per year. With a reasonable profit margin, 

the final selling price is estimated at around € 300 per unit. Given a useful life of 

3 years, the annual cost per patient comes to € 100. The variable cost, which 
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includes the mask with the integrated sensor, is roughly € 20, assuming a total of 

6 tests annually. The annual costs per patient for the different SC models are 

illustrated in Fig. 5.13. 

 

 

Figure 5.13: AACp comparison in CM, POC and PM SC models. 

 

PM offers cost savings on equipment investment, making it more convenient 

when only a limited number of patients are involved. However, as the patient 

number increases, the greater efficiency of the lab-based system becomes evident, 

leading to a break-even point of approximately 12,500 tests per year (Fig. 5.14).  

 

 

Figure 5.14: Comparison of the cost per year in CM, POC and PM SC models. 

 

The results indicate that the CM scenario offers the lowest cost per patient. 

However, this cost significantly rises when the number of tests per year is low, 
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largely due to the high equipment costs. This makes the CM model less viable for 

small communities and highlights its limited inclusiveness. In contrast, the POC 

model involves a much higher cost per test, primarily because of the additional 

sampling equipment and increased labor costs associated with longer turnaround 

times. As previously mentioned, the PM scenario can only be compared to the 

others with an average number of tests per patient per year. In the current analysis, 

where each patient undergoes six tests annually, the PM model has a slightly 

higher cost per patient than the CM model. However, as the number of patients 

decreases, the PM model becomes more cost-effective due to the absence of 

equipment costs. The cost analysis reveals that the TAT significantly hinders the 

efficiency of the POC model due to increased direct labor costs. In contrast, the 

high equipment costs make CM less favorable compared to PM when the number 

of tests per year falls below the breakeven point, which in this case is 

approximately 12,500 tests annually. With an average testing frequency of six 

tests per patient per year, this translates to about 2,100 patients. Thus, lab-based 

testing becomes economically viable only in communities with populations 

exceeding 21,000, assuming a 10% prevalence rate. This underscores the cost-

effectiveness of PM for healthcare delivery in smaller communities.  

The cost analysis assumes that all testing methods maintain the same quality, 

meaning that the diagnosis and treatment processes remain unaffected, and there 

are no indirect cost implications. However, in the POC scenario, there is a risk of 

sample degradation during collection or transport, which can compromise results. 

In the PM scenario, additional scientific validation is needed to confirm that the 

electrochemical sensing method is equivalent to traditional EBC analysis. To 

validate the proposed model, a sensitivity analysis was conducted, adjusting the 

device price in the PM scenario and the number of tests per patient per year. 

According to the experiment outlined in Tab. 5.4, the device price was varied at 

three levels (100 ± 5% €/year), while the annual test frequency was assessed at 

four levels (2, 4, 6, and 8). This analysis reveals how these variables impact the 
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breakeven points in both the CM/PM and POC/PM scenarios. The breakeven 

number of tests required each year is also summarized in the same table. 

 

Table 5.4: Sensitivity analysis on device selling price/ number of tests per patient per year. 

 

Device price 

per year 

N° 

test/year-

patient 

Breakeven 

POC/PM 

(tests per year) 

Breakeven 

CM/PM 

(tests per year) 

95 € 2 1,302 633 

95 € 4 - 2,326 

95 € 6 - 21,429 

95 € 8 - - 

100 € 2 1,167 595 

100 € 4 - - 

100 € 6 - 12,500 

100 € 8 - - 

105 € 2 1,057 562 

105 € 4 - 1,887 

105 € 6 - 8,824 

105 € 8 - - 

 

The results indicate that as the test number conducted per patient increases each 

year, the breakeven point for the CM/PM case also rises when the number of tests 

is fewer than six. However, when patients undergo more than six tests annually, 

a breakeven point ceases to exist because the PM strategy becomes more 

advantageous than CM. This suggests that PM has the potential to replace 

traditional CM testing, assuming the quality and reliability of results remain 

consistent. A similar trend is observed when comparing POC and PM. 

Specifically, if patients have fewer than two tests per year, a breakeven point is 

present, which decreases as the annual selling price of the device increases. Once 

the number of tests per patient rises beyond this threshold, the breakeven point 

disappears, making PM the more favorable option compared to POC. 
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5.4  Conclusions 

Most of the respiratory diseases are among the leading causes of disability and 

death, having an important impact on healthcare costs in developed countries. As 

population demographics keep evolving, economic and social burdens due to 

these diseases are bound to increase even further. It is against this background 

that the understanding of limitations from conventional healthcare supply chain 

models can provide a starting point for the development of new approaches to 

treatments of respiratory diseases, with the aim of promoting more sustainable 

and inclusive healthcare services. While there have been significant developments 

in respiratory medicine within the past decade, challenges relating to the 

reliability and affordability of existing testing methods remain a serious concern. 

On the other hand, some exciting opportunities are emerging due to recent 

advances in biosensors, nanotechnology, and smart clinical devices. These 

innovations promise to enhance POC testing methods, providing timely and 

accurate diagnostic information directly at the patient's location. 

This research proposed a PM supply chain model for monitoring respiratory 

diseases through hydrogen peroxide detection in EB, simplifying the testing 

process and enabling self-testing for patients. Additionally, a comparative 

analysis of different SC models was carried out, demonstrating that current 

centralized and decentralized supply chain models fall short of delivering 

accessible and inclusive services for respiratory diseases. Moreover, this research 

contributes to the existing scientific literature on PM supply chain models, 

highlighting how these healthcare systems are essential for improving inclusivity 

and ensuring economic sustainability in healthcare.  

However, a key limitation of this study, similar to many others in the field, is that 

it does not account for the external testing costs that patients may incur, which is 

important for a more comprehensive analysis. Additionally, the economic 

analysis should be expanded to include indirect costs to accurately affect the 

economic efficiency and validate the quality assumptions across different testing 
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methods. Additionally, future research should assess the reliability of results from 

PM devices, comparing them with those typically obtained using the gold 

standard for EBC analysis. This requires expertise from various fields, including 

nanotechnology, advanced materials, electrochemistry and electronics. The 

simplicity of operation, achieved by eliminating the condensation step 

significantly enhances testing efficiency. So, with proper clinical validation, this 

personalized self-testing device for respiratory diseases represents a significant 

advancement in the development of next-generation healthcare systems, 

integrating digital and biosensing technologies. It offers a cost-effective 

alternative to traditional hospital models and provides valuable insights for 

creating more sustainable and inclusive healthcare solutions in the future. 
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6. Conclusions and Future Perspectives 

The research carried out for this doctoral thesis marks significant advances in the 

development of wearable electrochemical sensors aimed at monitoring oxidative 

stress in real-time, a pathological condition closely associated with several 

diseases, particularly respiratory diseases.  

The first electrochemical sensor proposed in this work was designed to be 

integrated in a face mask, enabling real-time quantification of hydrogen peroxide 

in exhaled breath. This sensor demonstrated remarkable selectivity and 

successfully detected H₂O₂ levels in the aerosol phase from bronchial epithelial 

cells under different conditions, aligning closely with results from standard 

cytofluorimetric methods. The sensor's working electrode was then further 

modified to detect the trace hydrogen peroxide concentrations typically present in 

exhaled breath, achieving successful detection in liquid samples. Future efforts 

should aim to optimize the chitosan deposition time to achieve an ideal thickness 

for hydrogen peroxide detection in the aerosol phase with the sensitivity needed 

for low concentrations. Once fully optimized for aerosol-phase detection, this 

sensor could be integrated into face masks for real-time monitoring without the 

need for the condensation step currently required in clinical settings. This 

innovation offers a wide range of potential applications, including home care, 

remote point-of-care healthcare and workplace diagnostics, all without the need 

for expensive laboratory equipment or specialized training. 

Furthermore, this research included a comparative analysis of existing healthcare 

supply chain models, revealing that both centralized and decentralized models fall 

short in providing accessible and inclusive services for respiratory diseases. In 

contrast, a proposed PM supply chain model, based on a face mask integrated 

with the developed electrochemical sensor, offers cost-effective and inclusive 

healthcare, particularly in small communities. However, future research should 

assess the reliability of results from this PM device, comparing them to those from 

conventional EBC analysis techniques. With proper clinical validation, this self-
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testing approach could substantially improve healthcare delivery, especially 

within smaller communities. 

Additionally, this thesis presents a wearable electrochemical sensor for uric acid, 

chloride ions and glucose detection in sweat. However, detecting glucose proved 

challenging due to interference from various components in the artificial sweat. 

Consequently, the focus of this research analysis shifted to the detection of uric 

acid and chloride ions in a microfluidic system, used to collect small sweat 

samples for this purpose. Still, further testing in real sweat samples is necessary 

to reliably quantify these biomarkers.  

So, this research work highlights the promising application of electrochemical 

sensors in the field of non-invasive health monitoring, paving the way for further 

advancements in real-time analysis. 
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