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Abstract 
 

Wearable biosensors have received growing worldwide attention due to its wide 

application in individual and public health monitoring and disease diagnosis. The 

potential affordability and accessibility of wearable technologies promises fast 

monitoring of various disease biomarkers which is beneficial not only to patients with 

chronic diseases, such as diabetes or cancer patients with overwhelming human, 

economic, and social consequences, but also healthy individuals with high risk to 

develop a disease. Advancements in microfabrication research have enhanced the 

development of such wearable sensing devices by providing solutions to some of the 

challenging problems faced in wearable sensing area. This thesis focuses on the 

development of micro-structured array-based electrochemical sensing platforms for 

patient-friendly epidermal and transdermal diagnostics from sweat and interstitial fluid. 

Microarray-based diagnostics have several advantages over conventional detection 

methods by promoting compliance and convenience for the patients with non-invasive 

and minimally invasive painless procedures, avoiding uncomfortable sample 

collection, and decreasing the possibility of bacterial infections that might occur when 

conventional needles are used.  

In this project, two types of microarrays were used: micropillar arrays (MPA) 

and microneedle arrays (MNA). MPA and MNA have been used to develop three-

electrode wearable patches composed of reference, counter, and working electrodes 

to be used for the electrochemical detection of clinically relevant biomarkers. Since 

the sensing platforms come into contact with skin, MPA and MNA are made of 

biocompatible material silicon which is at the same time a versatile material for nano- 

and microfabrication. Silicon microarrays were coated with a thin gold layer that 
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provides electrical conductivity to microarrays as well as a surface for reliable and 

flexible chemical modifications for the construction of the bio-recognition interface.  

Two different sensing approaches have been explored. An enzymatic approach 

has been used for the detection of glucose in sweat and interstitial fluid using MPA 

and MNA platforms, respectively, and an immunosensing approach using MNA-based 

platform designed for the detection of the breast cancer biomarker Erbb2. The MPA 

patch was successfully applied for the detection of glucose in human sweat showing 

very good correlation with glucose levels found in blood. In vivo application of the MNA 

in mice shows that the interstitial fluid`s glucose concentrations obtained with the MNA 

sensor gave very good correlation with the blood glucose levels determined with a 

commercial glucometer. Regarding the immunosensor work, high-density gold-coated 

silicon MNA were simultaneously used as biomarker extraction platform and 

electrochemical transducer, enabling the selective immunocapture of ErbB2, a key 

breast cancer biomarker, and its subsequent quantification. The sensing platforms 

presented in this thesis will advance the research undertaken for designing and 

engineering microarrays as noninvasive and minimally invasive electrochemical 

wearable sensors by providing solutions when tackling some of the challenges faced.      
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1.1 Introductory Background 

Health monitoring system can benefit an individual by providing early diagnosis, 

potentially becoming lifesaving in progressive diseases such as diabetes,1 and 

cancer.2 Early diagnosis can increase the treatment efficiency, life expectancy, and 

the overall life quality.3 In contrast to health monitoring systems where the presence 

of a disease is being investigated, patient monitoring systems monitor vital signals 

including heart rate and blood pressure, in order to evaluate the treatment efficacy and 

warn against a life threatening condition.4 In both systems, diagnosis relies on 

traditional methods of analysis that priorities quality and reliability of the results over 

the processing time.5 However, there is an increasing demand for providing 

personalized, easy to implement, specialized, rapid, and affordable diagnostic 

approaches to the healthcare sector due to several reasons, which include but are not 

limited to: the insufficient healthcare providers, aging population, increasing number 

of patients with chronic diseases, patients with disabilities facing mobility issues, and 

infectious disease outbreaks.6,7  

Point-of-care diagnostic technology can benefit both health monitoring and 

patient monitoring systems due to its ability to provide on-site fast detection of a target 

biomarker without requiring specialized equipment and highly skilled operational 

personnel. Wearable sensing technology has attracted enormous academic and 

industrial research interest because of its potential to provide point-of-care testing in 

a continuous, convenient, noninvasive, and real-time fashion when being physically 

attached to the body of the individual.8 Today, a wide range of wearable sensors 

performing electrophysiological measurements are already commercially available to 

track heart rate, sleep or physical activity. Their affordability thus accessibility and 

practicality, combined with reliable detection capability, capture significant interest in 
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using these technologies from both healthcare provider and for home settings.9 

However, molecular wearable sensors, which are able to monitor molecular markers 

of physiology, pathology, or therapy, demand additional research to reach the 

consumers. These sensors require more sophisticated transducer technology due to 

having an interface with a body fluid, which can provide the molecular markers, when 

performing efficient sensing.    

Most wearable sensing devices utilize electrochemical methods due to their 

suitability for continuous monitoring in a wide range of applications and miniaturization, 

high performance, and affordability.10 Those sensors involve an electrochemical 

transducer which converts chemical and biological information into electrical one. 

These sensors contain a chemically and biologically selective layer that interacts with 

the target analyte or biomarker and is used to relate the concentration (or presence) 

of the targeted compound with the changes observed in the electrical signal, which 

can be in the form of current, resistivity, or potential.11 A biomarker is any substance, 

structure, or process that can be measured in the body or its products and can 

influence or predict the incidence of outcome or disease.12 Electrochemical sensing 

has been used to monitor biomarkers found in various biofluids including tears, sweat, 

saliva, and skin interstitial fluid by overcoming the challenges regarding the complex 

biochemical nature of these biofluids, which can limit the required sensing 

performance.  

Progress in micro- and nanotechnologies have greatly benefited the 

development of wearable biosensors because of the solutions they offer when tackling 

sensitivity, miniaturization, and cost-related problems. The high surface area to 

volume ratio allows amplified signals, improved catalytic properties and higher 

electrical conductivity, which result in enhanced sensitivity. Moreover, they have the 
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potential to reduce foreign body and immune responses, leading to longer sensor 

working lives.9  

In this thesis, the application of microstructured arrays as wearable 

electrochemical sensing devices for the monitoring of biomarkers found in sweat and 

skin interstitial fluid (ISF) has been explored. A micropillar-based (MPA) wearable 

sensing patch was fabricated, optimized, and used to monitor glucose in human sweat. 

A second sensing patch containing microneedle arrays (MNA) was also developed 

and optimized for the detection of first glucose, and second a breast cancer biomarker 

(ErbB2), both found in skin interstitial fluid. On the one hand, the detection of glucose 

using the developed wearable platforms promises technology adoption by diabetic 

patients, because it can be translated into an affordable point-of-care testing device 

capable of real-time and continuous monitoring. On the other hand, the application of 

a wearable device to the detection of a cancer biomarker can provide a better 

understanding of, and lead to one step closer to, cancer diagnosis based on 

biomarkers found in skin interstitial fluid using a point-of-care device. 

 

1.2 Hypothesis and Specific Objectives 

This thesis builds on the hypothesis that sweat and ISF contain biomarkers that 

can be used for diagnostics just as blood is, with the benefit of being accessible without 

reaching blood vessels or nerve bundles, and that microarrays can be engineered in 

the form of highly sensitive and selective wearable electrochemical sensing platforms 

to interact with any of these body fluids for the detection and quantification of 

biomarkers. The main objective of this thesis is to develop microarray-based sensing 

platforms with the potential to facilitate disease diagnostics and health monitoring 

without causing any pain or risk of any type of infection.  
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Specific objectives of the thesis are to:  

1. Design and fabricate silicon microarray structures suitable for targeting sweat 

or ISF.  

2. Develop wearable sensing patch by integrating microarrays into three-electrode 

system suitable for effective electrochemical sensing.  

3. Modify the surface chemistry of the working electrode according to the specific 

application and to characterize and optimize the sensing patch.  

4. Assess the analytical performance of wearable platforms and validate wearable 

patches in tailored application scenarios.  

  

1.3 Scope and Structure of Thesis 

Chapter 2 reviews current advances on the development of skin-interfaced 

biosensors for the determination of physiological biomarkers from different skin layers 

in great detail. This chapter starts with an overview of the anatomy of the skin and the 

properties of the biofluids therein contained i.e. sweat, ISF, and blood. The chapter 

continues discussing the progress in biosensors targeting different layers of the skin, 

divided into three parts; i) wearable sweat-based biosensors; ii) transdermal 

biosensors, and iii) subcutaneously implanted biosensors. Each subsection focuses 

on recent scientific and technological advancements in the field of wearable 

biosensing micro- and nanosystems by highlighting critical challenges as well as 

providing information on how these challenges are being addressed by the research 

community. 
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Chapter 3 reports the fabrication and optimization of a wearable glucose-

sensing patch utilizing a high-density silicon micropillar array for the noninvasive 

monitoring of glucose levels in human sweat. This sensing patch is composed of three-

electrode system containing reference, counter, and working electrodes made of 

silicon MPA. This chapter addresses some of the challenges faced with wearable 

technology by providing a solution to one of the recurrent issues faced by epidermal 

sensors: loss of the recognition element (e.g. enzyme) when exposed to mechanical 

friction induced between skin and electrode surface. The chapter describes detailed 

fabrication, characterization, optimization, and successful real sample application of 

the wearable sensor in monitoring of glucose in human sweat.  

 

Chapter 4 exploits the use of a high-density MNA patch for transdermal 

monitoring of glucose in ISF. Here, the fabrication, optimization, and application of 

MNA-based three-electrode system consisting of counter, reference, and working 

electrodes is described in details. Current technology for blood glucose level 

monitoring is mainly based on the invasive finger-prick extraction of a small drop of 

blood using a lancet and measuring via handheld glucometers, which is not conducive 

to continuous measurements. ISF is gaining attention as an alternative biofluid. Its 

biochemical composition is very similar to that of blood and it can be monitored in a 

continuous manner via minimally invasive methods that cause no pain and minimize 

any risk of infection. The electrodes consist of arrays of microneedles, which are the 

downsized form of conventional hypodermic needles, with few hundred µm in length 

making them less invasive and enabling monitoring without causing pain or discomfort. 

The developed MNA patch provides a high surface area to interface transdermal ISF, 

facilitating the measurement of glucose at physiologically relevant levels without 
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reaching the blood vessels or nerve terminations. Glucose detection and quantification 

analysis carried out in vitro demonstrated high selectivity and sensitivity of the 

microneedle patch. In vivo application of the microneedle array in mice showed very 

good correlation between the ISF glucose concentrations obtained with the MNA patch 

and the blood glucose levels determined with a commercial glucometer. This 

microneedle-based sensing system hence provides an alternative transdermal 

diagnostic tool to the existing invasive techniques. 

 

Chapter 5 reports a different application of the high-density silicon MNA that 

involves the simultaneous usage of the patch as biomarker extraction platform and 

electrochemical transducer, enabling the selective immunocapture of ErbB2, a key 

breast cancer biomarker, and its subsequent quantification. The analytical 

performance of the device was tested in artificial ISF, which exhibited a linear 

response over a wide concentration range (from 50 to 250 ng/mL), with a detection 

limit of 25 ng/mL adequate to detect ErbB2 breast cancer biomarker in healthy 

individuals as well as in breast cancer patients. The immunosensor showed excellent 

selectivity towards Erbb2 in the presence of glucose, glycine, T4 bacteriophage, and 

insulin. As a proof of concept, the immunosensor demonstrated its ability to 

successfully extract and quantify ErbB2 from a phantom gel skin model that mimicked 

the epidermis and dermis layers. The uniqueness of this sensing platform combining 

direct biomarker transdermal extraction and quantification opens up new avenues 

towards the development of high-performing point-of-care devices for cancer 

diagnosis and prognosis. 
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Finally, Chapter 6 summarizes the contribution of this thesis to the 

development of wearable biosensors based on high-density microarrays, with smart 

chemical modifications, and their application to the electrochemical sensing of model 

biomarkers. A future perspective of epidermal and transdermal biosensors in 

diagnosis and health monitoring is also provided.    
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2.1 Introduction 

Wearable biosensing devices are arguably the potential next frontier of 

wearable technologies for fitness as well as individual and public health monitoring.1-5 

Today, a wide range of wearable devices are commercially available to track heart 

rate, sleep or physical activity. However, the development of wearable devices able to 

provide information at the molecular level is still at its infancy. The potential 

affordability and accessibility of such technologies raise interest in personalized 

medicine not just from the perspective of patients and physicians but also from healthy 

individuals. Fast growing research on wearable technologies brings us a step closer 

towards revolutionizing medical practice and healthcare systems to be more proactive 

rather than just reactive. The main aim of on-body monitoring is to provide continuous 

information associated with the physiological state of the individual by detecting 

specific biomarkers of physiology, pathology, or even the effect or effectiveness of 

therapy. A biomarker is a substance that can be found in body fluids, and whose 

presence or variation in concentration influences or predicts the incidence or outcome 

of disease. Biomarkers can range from electrolytes (K+, Ca2+), to metabolites (glucose, 

lactate, creatinine), to hormones (cortisol), proteins (interleukins, cytokines) or 

oligonucleotides (microRNA). Their presence or concentration level may be related to 

various health conditions, including diabetes (glucose), cystic fibrosis (Cl-), stress 

(cortisol), cancer (cytokines) or inflammation (microRNA). For nearly every disease 
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marker, specific diagnostic methods are available but unfortunately, they are 

predominantly based on body fluid sampling and analysis through standard laboratory 

assay techniques.2 Polymerase chain reaction (PCR), enzyme-linked immunosorbent 

assay (ELISA), flow cytometry, mass spectrometry, radioimmunoassay, and 

immunohistochemistry are some of the conventional methods employed to analyze 

bodily fluids in pathological labs. These methods have enabled the accurate diagnosis 

of a range of diseases at earlier stages, lowering healthcare costs and providing better 

health outcomes. They are also routinely used as tools to monitor efficacy of therapies 

and manage health conditions. Among these techniques, ELISA as an immunoassay 

and PCR as molecular diagnostic should be considered as the gold standard. Indeed, 

their development has importantly contributed to the improved screening, detection, 

monitoring and treatment of, for example, cancers, infectious diseases, and genetic 

and hormonal disorders. Despite the reliable detection, they remain to be costly and 

time-consuming, requiring specialized personnel and sophisticated, bulky instruments. 

This confronts us with the challenge on how to replace these conventional diagnostic 

methods by wearable devices and translate them into clinical practice. First, highly 

selective and sensitive biosensors need to be integrated on wearable platforms to 

continuously measure the levels of specific biomarkers. Following this, the large 

amount of data generated by these biosensors will need to be properly processed and 

analyzed to produce a baseline of health state of the user or even a population. The 

combination of data collection and analytics will enable individualized monitoring of 

developing health conditions, guidance of therapeutic decisions, management of 

chronic diseases, and assistance to physicians to predict and prevent diseases.1  

Over the last two decades, strong efforts have been devoted to exploiting the 

opportunities that the skin offers in the diagnostics game in both academic and 
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industrial settings. Although being of high complexity, the skin is the most accessible 

organ and an important source of biomarkers that could be related to different 

diseases. These biomarkers may be found in different biofluids accessible from the 

skin, such as sweat, interstitial fluid (ISF) and blood. The potential is enormous. But 

the realization of wearable biosensing devices that enable the selective, accurate 

detection of molecular markers in bodily fluids is still very limited. Today, developed 

wearable biosensing technology is mostly monopolized by continuous glucose 

monitoring devices. Some of these devices have recently entered the market and 

already exceeded US$1 billion in market value.5 Spurred by the large and growing 

market for glucose monitoring market for diabetic patients, several other continuous 

glucose monitoring systems are in the development pipeline and are rapidly 

progressing towards marketed products. These devices have been conceptualized as 

noninvasive, minimally invasive or implantable systems. For example, Glucotrack 

(Integrity Applications), which was approved by European Union (EU) in 2016, is a 

noninvasive glucose device in the form of an ear clip. This device measures glucose 

levels in the earlobe tissue and can be used for up to 6 months with working range 

from 3.9 to 27.8 mM at a cost of ~US$100 per ear clip. Furthermore, a few other 

devices based on minimally invasive approaches have been approved in recent years 

by the U.S. Food and Drug Administration (FDA). Dexcom G6 CGM (Dexcom) and 

FreeStyle Libre (Abbott) are two examples. Both wearable platforms are transdermal 

patches that target ISF glucose and rely on electrochemical transduction mechanisms. 

Dexcom and Abbott patches measure glucose continuously for up to 10 days with 

working range from 2.22 to 22.2 mM and 14 days from 2 to 27.8 mM, respectively. The 

current cost of these patches ranges from US$90 to US$110 per patch. In addition, 

some patches like the Dexcom one requires self-calibration two times a day. Very 
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recently (June 2019), the FDA granted approval to the first continuous glucose 

monitoring system based on optical methods. Eversense (Senseonics) relies on 

fluorescence mechanisms to measure ISF glucose for up to 90 days providing glucose 

readings between 2.22 to 22.2 mM. The device comes in the form of a small stick 

implant. The Eversense implant costs ~US$99 excluding insertion and removal or 

replenishing the implant. Sweat wearable biosensing promises to enable more cost-

efficient, less invasive glucose monitoring, but the technology is still in an earlier phase 

of development.6 However, commercialization of these sensors can certainly be 

expected in near future. Despite the medium- to long-term monitoring ability in a 

minimally-invasive manner, most of these wearable devices still require large scale 

validation studies and development of manufacturing technologies to decrease the 

cost. In addition, except for glucose, currently there is no reliable sensor for the long-

term detection of any other analyte.  

Micro- and nanotechnologies are playing a central role in advancing the 

wearables field.6 Their potential to address some of the sensitivity, miniaturization, and 

cost-effectiveness challenges is promising. Micro- and nanoscale materials display 

attractive physicochemical properties derived from their small size. The high surface 

area to volume ratio allows amplified signals, improved catalytic properties and higher 

electrical conductivity, which may result in enhanced biosensing sensitivity.7 

Nanomaterials also show exceptional optical properties. These have been exploited 

in the realization of highly sensitive fluorescence and surface-enhanced Raman 

scattering (SERS) biosensors. Metallic nanoparticles, silicon nanowires or carbon 

nanomaterials are some examples of nanomaterials that have been actively 

investigated for their application in biosensing. Micro- and nanotechnologies also 

make miniaturization an attainable task. Biosensing transducers can be designed at 
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the nanoscale. But even if they need to be designed at a larger scale, micro-sized (or 

even macro-sized) components can also incorporate nanostructured surfaces or 

materials within multi-scale platforms. Due to their small size, micro- and nano-

biosensing systems also have the potential to reduce foreign body and immune 

responses, leading to longer sensor working lives. Nanostructured materials are used 

to provide large active surface area and, in some cases, to boost the electrical 

conductivity, thereby enhancing the sensitivity of the biosensing system.8 

This chapter summarizes the current advances on the development of skin-

interfaced biosensors for the determination of physiological biomarkers from 

epidermal, dermal and subdermal fluids (Figure 2.1). Wearable sensors that measure 

body signals such as heart rate and pressure or wearable motions accelerometers 

have been extensively reviewed elsewhere and are not covered here.9 This chapter is 

divided into three major parts describing on-body measurements at different skin 

sections, namely epidermis, dermis and hypodermis. The first part summarizes 

progress in wearable sweat-based biosensors; the second one compiles the advances 

in transdermal monitoring; and the last part covers subcutaneously implanted 

biosensors. Every part of this chapter focuses on recent scientific and technological 

advancements in the field of wearable biosensing micro- and nanosystems by 

highlighting critical challenges as well as providing information on how these 

challenges are being addressed by the research community. In each section, 

representative examples are provided in order to illustrate the sensing components 

and working principles of the biosensors. Additionally, their limitations and unique 

features are highlighted and critically discussed. Lastly, a concluding section 

summarizes the barriers and opportunities in the field and anticipates future research 

directions. However, before discussing the latest advances in wearable biosensors 
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and in order to better understand the biological and technological context, a brief 

insight into skin anatomy and the challenges associated with skin biosensing is given.  

 

 

 

Figure 2.1: Schematic illustration of skin layers and different wearable devices their 

applications. 

 

 

2.1.1 Skin Anatomy and Accessible Fluids for Wearable Biosensing 

The skin is the largest and most accessible organ in the human body. The 

biofluids contained in skin are a rich source of biomarkers which are of value not only 

in diagnosis and monitoring of diseases, but also in profiling an individual’s well-being. 

Nonetheless, the skin is a very complex organ and, in order to better exploit this tissue 
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for salient biosensing opportunities, understanding of the physiology and the 

microanatomy of the skin is necessary. 

The skin is essential to protect the underlying tissue from external biological, 

chemical and physical aggressions. It also prevents the loss of body fluids, helps to 

regulate the body temperature, serves as sensory organ for the surrounding 

environment, and plays an essential role in the production of antimicrobial peptides 

and vitamin D.10 This organ is composed of three main layers: epidermis, dermis, and 

hypodermis (Figure 2.1). The epidermis, with an average thickness of 150 µm,11 is a 

stratified epithelium located in the outermost layer of the skin which continuously 

renews itself.12 The outermost layer of the epidermis is the stratum corneum (SC) and 

is primarily composed of anucleate cells (corneocytes), which mainly provide a 

hydrophobic barrier to environmental pathogens.13 The second skin layer is the 

dermis, located between the epidermis and the subcutaneous tissue or hypodermis. 

The dermis layer is divided into two regions, the papillary dermis region which is 

adjacent to the epidermis layer and an underlying thicker region, the reticular dermis.14 

The thickness of the dermis ranges from 500 to 2000 µm depending on its location on 

the body.11 The boundary located between the epidermal and dermal layers is called 

dermoepidermal junction where epidermal basal cells are attached to the basement 

membrane. This porous membrane provides a space for nutrients and exchange of 

fluids 10 and acts as a reservoir for molecules required for various biological purposes 

such as immunity and wound healing.13 Beneath the dermis and above the muscle is 

the hypodermis, mostly composed of adipocytes or fat cells, which contains a network 

of fibrous septa made of blood vessels, lymphatic vessels and collagen. Vascular and 

nerve structures can be found in the hypodermis and in deeper parts of the dermis 

layer where blood vessels are supplied by branches of musculocutaneous and 
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cutaneous arteries coming through the hypodermis whereas nerves course through 

the dermis in nerve bundles.10 The space outside the parenchymal cells, blood and 

lymphatic vessels is called the interstitial space, or interstitium and is filled with ISF.  

The skin therefore offers non-invasive access to three different biofluids namely 

sweat, ISF and blood. These fluids may be very different in nature, but all three 

comprise a wealth of biochemical information that may provide indication of an 

individual’s health state. 

Easy access and sampling of sweat makes it very convenient for wearable 

sensing. It plays an important physiological role in thermoregulation, moisturization, 

immune defense, and electrolyte and pH balance.15 Sweat is secreted by eccrine 

glands after neurotransmitter stimulation and conducted to the skin surface through 

dermal ducts.1,15 Acetylcholine is the main neurotransmitter responsible for sweat 

stimulation, causing release of Ca2+ which in turn causes water, Na+ and Cl- ions to 

flow into the lumen and induce the generation of sweat.  Apart from water, Na+ and Cl- 

ions, the secreted sweat also contains metabolites, hormones, proteins and 

peptides.16 Although the partitioning mechanisms at play are yet poorly understood, it 

has been hypothesized that analytes contained in sweat passively or actively diffuse 

from neighboring blood or ISF at levels ranging from mM (urea, lactate) to µM 

(glucose) to nM or pM traces (proteins).1 In addition, it is worth noting that a variation 

in sweat composition profile may be expected depending on the mechanism of 

stimulation, whether heat, exercise, stress or a chemical stimulus is responsible for its 

generation.17,18  

ISF is another source of valuable biomarkers but it has been traditionally difficult 

to sample from the human body. This fluid surrounds parenchymal cells, blood and 

lymphatic vessels, and it is formed by extravasation of plasma from capillaries. ISF 
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constitutes 45% of the volume fraction of the human skin and it can be seen as a 

combination of serum and cellular materials. The ISF plays important roles in the 

transport of signaling molecules between cells and also in carrying antigens and 

cytokines to local draining lymph nodes for immune regulation. It is furthermore 

involved in the transport of nutrients and waste between blood capillaries and cells.19 

ISF is not just a passive conduit for the flux of solute and fluids, it actually functions as 

highly dynamic and complex structure having profound influences on fluid exchange.20 

The fluid exchange between the vascular and interstitial compartments is regulated by 

hydrostatic and oncotic (protein-induced osmotic) forces operating within the 

extracellular matrix (ECM) and lymphatics, and across microvascular walls.20  

Impelling forces of fluid flux through the interstitial space are essential for protein 

transport from blood to interstitial cells, because proteins are too large to diffuse 

through the crosslinked ECM.20 Tran and co-workers study on proteomics 

characterization of dermal ISF demonstrated that the protein composition in ISF 

matches approximately 93% with that found in serum and plasma.13 However, it has 

also been reported that the concentration of proteins and ions are about one-third 

lower in ISF than in blood. The concentration of glucose in ISF is, however, identical 

to that in blood in steady-state conditions, but there may be a lag time immediately 

after glucose intake due to the kinetics of diffusion.21 

Blood is the most commonly sampled fluid for clinical diagnosis and its 

proteome has been well studied.22,23 However, access to blood has been traditionally 

limited by the requirement for trained healthcare professionals when drawing venous 

blood or by the patient’s apprehension when collecting finger-prick blood samples. 

Although blood contributes to only 5% of the skin volume fraction, it can be non-

invasively collected from the skin. The dermis is a highly vascularized region and here 
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is where the majority of the blood vessels are located. These vessels supply blood 

and nutrients to the other layers of the skin through small capillaries. Significant 

differences have been found between systemic and capillary blood in the levels of total 

proteins, bilirubin and certain ions (Ca2+, Na+, Cl-), whereas the concentrations of other 

analytes such as glucose, urea and K+ are practically identical.24 

As illustrative examples, Table 2.1 shows a list of selected biomarkers 

representing ions, metabolites, hormones and proteins classes. They are listed 

together with the concentration found in blood, ISF and sweat found of healthy 

individuals. For most biomarkers of low molecular weight (i.e. < 400 Da) such as ions, 

metabolites and hormones, their ISF concentration is very similar to blood. This is due 

to rapid diffusion through the capillary walls. However, for higher molecular weight 

species, capillary walls have a filtering effect.5 As the molecular weight increases, the 

diffusion rate from blood into ISF decreases. A conversion factor may be required to 

determine the diluted concentration of these high molecular weight proteins in the 

ISF.5,25 The ratio between biomarker concentration in sweat and blood/ISF may be 

much more complicated to correlate. As mentioned before, analyte concentration in 

sweat greatly depends on the sweat secretion rate and dilution effect. Some studies 

have suggested that the molecular weight of the analyte, as well as its lipophilicity, 

play a strong role in partitioning mechanisms in sweat.5 For example, hydrophilic 

glucose (180 Da) is found in sweat at about 1% concentration of that in blood. But 

concentration of hydrophobic cortisol (362 Da) in sweat shows a good correlation with 

blood levels. Protein concentration in sweat can be as high as tens of µM for those 

actively secreted. But passively transported proteins are typically found in sweat at 

concentration levels below 0.1% of those in blood.5 
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Table 2.1: Comparison of several analytes’ concentrations found in blood, ISF and 

sweat.  

  Blood ISF Sweat 

Ions Na+ 
K+* 
Cl 
Ca2+ 

135-145 mM* 
3.5-5.5 mM* 
95-110 mM* 
>2.6 mM* 

 

Similar to 

plasma 

10-90 mM 26,27 

2-10 mM 27 

14-48 mM 28 
0.37 mM 29 

Metabolites Glucose* 
Lactate 
Urea* 
Cholesterol* 
Uric acid 
Ascorbic acid 

3.6-6.0 mM* 
0.5-10 mM 
3.0-7.5 mM* 
<3.5 mM* 
0.12-0.45 mM 30 
30-80 µM 31 

 

Similar to 

plasma 

36-60 µM 32 
5.0-20 mM 33 
13-24 mM 34 

-  
25-36 µM 34 
10-50 µM 35,36 

Hormones Cortisol Morning 193-773 nM 37 
Afternoon 55-496.6 nM  

Similar to 

plasma 

20-500 nM 38 

Proteins Cytokines 
 

Antibodies 
e.g. IgA 

pM to nM 
 

0.4 -16 mg/mL 
~262 mg/mL39  

80 % of plasma 

15-25 % of plasma 

<0.1% of plasma 

 

0.1-10 ng/mL40 

*values obtained from Melbourne Pathology biochemical analysis test 

 

 

2.1.2 Challenges for Wearable Biosensing  

The translation of wearable biosensors into routine technology that offers 

comprehensive information about the physical activity and health state of an individual 

is imminent. This foreseeable achievement is arguably spurred by the accurate and 

robust quantification of biomarkers present in skin biofluids. However, for the 

successful development of wearable biosensors, multiple challenges and 

technological gaps still need to be addressed. Some of these critical challenges relate 

to data acquisition and processing, communications, power supply, wearability 

(stretchability, bendability), and security, and those are not reviewed here. We refer 

the reader to several excellent reviews which focus on these topics in detail.41-45 We 

will instead emphasize on the key challenges that this field is still facing in terms of 
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biosensor design, that is, the physical and chemical aspects of its elements, and its 

consequential sensing attributes. 

The ability of the biosensing platform to interface with the skin causing minimal 

disruption of the tissue and its microenvironment whilst remaining fully functional is 

one of the most important challenges in the development of wearable biosensors. This 

is intrinsically linked to its biocompatibility as well as its anti-fouling characteristics. 

These features will ultimately govern the biosensor stability and, subsequently, its 

lifetime for long-term applications. Depending on the nature of the wearable device 

and the analyte of interest, desirable lifetimes range from a few minutes to several 

months. For example, disposable sweat biosensors for the detection of illicit drugs 

may need to be used for only a few minutes. Implantable devices, however, should 

remain functional for at least few weeks (e.g. Dexcom G6), and ideally several months 

(e.g. Eversense) or even years. The degree of biocompatibility will depend on many 

factors including biosensor geometry, size and water content. Most importantly, it will 

be greatly influenced by the bulk and surface chemical properties of the material. The 

material should be selected to not cause inflammation and to minimize biofouling. The 

effect that the accumulation of chemical and biological species has on the biosensor 

performance may be critical. Hydrophilic, flexible materials such as polymeric chains 

(e.g. polyurethane,46 polyethylene glycol (PEG),47 zwitterionic polymers,48) have been 

extensively investigated as coating layers because of their non-inflammatory, non-

toxic as well as anti-fouling properties. Additionally, from a practical perspective, 

attention should also be paid to minimizing the need for calibration and to render 

operation by the end user as simple as possible. Usually, continuous monitoring of 

biomarkers requires an initial calibration, and in many occasions, also a recalibration 

at regular time intervals. Hence, researchers have focused their efforts in developing 
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one-point calibration biosensors considering a zero baseline.49,50 Reduced biofouling 

will facilitate the use of biosensors for continuous monitoring and, ultimately, minimize 

calibration requirements.  

The application of transdermal and subdermal devices inevitably involves 

certain damage to the tissue and therefore those devices must meet the highest 

requirements in biocompatibility. Furthermore, in the long-term applications based on 

transdermal or implantable systems, a foreign body response will ensue after the 

device is inserted. This response may result in drastic change in the microenvironment 

and in macrophage and lymphocyte attack,51 which will most likely affect the biosensor 

signal. Moderation of the foreign body response may be achieved by using active 

layers for reduction of reactive oxygen species 52 or by introducing nano-topographical 

modifications on the biosensor surface.53 Attempts have been made in terms of 

incorporating anti-inflammatory agents such as dexamethasone into hydrogel-based 

sensors to control inflammation at the biosensor application site.54 Surface 

modifications employed in the biosensor design will not only improve the 

biocompatibility but also the bioreceptor stability, and ultimately the response reliability 

and the lifetime of the device. Stable biosensors have been successfully built by 

coupling the biorecognition element with various nanomaterials (e.g. quantum dots, 

carbon nanotubes),55 hydrogels (e.g. chitosan, gelatin) 56,57 or others through a range 

of chemical and physical immobilization protocols.58 We are still not at the point of 

being able to ‘dial in’ material and surface modification approach, and hence those 

parameters should only be chosen after initial in vitro and ideally in vivo tests.   

The selectivity of the biosensor will determine the preferential detection of the 

target analyte versus other interfering species. Affinity-based biosensors and catalytic 

biosensors, where a bioreceptor specifically interacts or reacts with a target analyte, 
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are regarded as highly selective and specific and it is this principle that many 

biosensors rely on. Among the catalytic biosensors, enzyme sensors have continued 

to be forerunners in the development of wearable sensors due to their excellent 

selectivity and ability to provide continuous measurements without the need to 

regenerate their surface.17,59 The biological response induced by the enzymatic 

reaction with the analyte can be translated into measurable signals that have allowed 

qualitative and quantitative analysis of a range of clinical biomarkers. One intrinsic 

problem of enzymatic systems is that enzymes are proteins sensitive to their 

microenvironment and factors such as oxygen level, pH, temperature and ionic 

strength can affect their structure and thus their activity, and subsequently the sensor’s 

response.60 In addition, enzyme activity often diminishes over time.61 Affinity-based 

biosensors, such as immunosensors, DNA sensors or aptamer-based sensors display 

high target affinity and specificity based on precise three-dimensional 

complementarity. Nevertheless, high affinity systems are difficult to implement into 

continuous monitoring devices mainly due to their limited reusability. The main reason 

for this is that the in situ regeneration of the biorecognition element, particularly in 

wearables or implantables, is extremely difficult to realize. In recent times, important 

research efforts have been devoted to engineering bioreceptors, not only to create 

new libraries of novel synthetic and semi-synthetic bioreceptors, but also to manipulate 

their binding affinity. Engineering of antibody and DNA aptamer structures has enabled 

the possibility to control their binding properties,62 so that a biosensor can be 

potentially regenerated and reused. Biosensors can also be regenerated by 

overcoming the attractive forces between bioreceptor and its cognate analyte via 

various treatments including chemical, thermal and electrochemical regeneration.63 In 

this regard, synthetic bioreceptors such as DNA aptamers 64 have showed higher 
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reversibility over a number of bind-release cycles than antibodies.65 Despite the 

substantial challenges presented by affinity-based wearable biosensors, there is a 

considerable interest in developing this technology due to the plethora of clinically 

validated targets that can be detected by these assays.66  

Efforts should also be devoted towards improving the biosensor sensitivity. The 

physiological levels of many key biomarkers are usually precisely regulated and their 

presence in skin biofluids occurs over defined concentration ranges. Thus, it is a 

requirement that the wearable biosensor responds acutely to small but relevant 

changes in bioanalyte levels. This may not be a priority in applications that seek binary 

information, such as the detection of illicit drugs, but it is of special importance in 

continuous monitoring applications where tracking the change of the concentration 

profiles of biomarkers is critical. Likewise, the biosensor should present a limit of 

detection (LOD) relevant to physiological conditions. For example, a biosensor that 

monitors glucose from ISF should be able to detect amounts as low as 3.6 mM (see 

Table 2.1). But for clinically relevant glucose detection in sweat, biosensors need to 

be designed to improve the LOD by two orders of magnitude. This is, they need to be 

able to detect amounts as low as 0.036 mM. The incorporation of nanomaterials such 

as carbon nanotubes, metallic particles or quantum dots can significantly amplify the 

biosensor’s response signal and therefore improve the sensitivity as well as lower the 

LOD.67,68 Engineering of the bioreceptor immobilization can also lead to increased 

sensitivities. Oriented antibody immobilization strategies have been demonstrated to 

maximize the biosensor sensitivity.69,70 Moreover, engineered bioreceptors such as 

antibody fragments or nanobodies® have been shown to overperform compared with 

natural antibodies.71 Nonetheless, certain biomarkers are present in extremely low 

concentrations in body fluids. For example, cytokines can be found in ISF in nanomolar 
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concentrations, but their concentration in sweat lies in the sub-picomolar range. 

Although low-picomolar detection of cytokines have been achieved in lab settings,72 

the translation of these highly sensitive methods into wearable devices is still under 

development.  

Furthermore, despite the fact that the skin is the most accessible organ in the 

human body, the non-invasive collection of skin biofluids remains a challenge. Skin 

biofluids in large enough amounts have been typically sampled using complex, time-

consuming procedures (i.e. microdialysis, microperfusion, and iontophoresis) that 

usually involve discomfort, risk of infection, specialized equipment and trained 

professionals. Currently, the minimally-invasive collection of several microliters of skin 

biofluids that allow the reliable, accurate detection of analytes in their physiological 

range is still under development. Skin patches have typically relied on diffusion, 

capillary action, osmosis and pressure-driven convection for the collection of bodily 

fluids.73 The use of adsorbing materials such as woven textiles 74 or porous hydrogels 

17 has been widely explored in wearable settings due to their ability to capture and 

store bodily fluids, although these materials do not allow precise control over the 

collected and stored volume. Sweat sampling faces additional challenges such as flow 

rate variations, sweat dilution, sample evaporation and external contamination.75 

Integration of sweat biosensing devices with microfluidics 76,77 or micro-iontophoretic 

systems 18 are some of the current approaches employed to gain control over sweat 

storage, sweat rate and biodegradation or evaporation. 

Micro- and nano-technologies have given rise to opportunities in developing 

miniaturized wearable biosensors that allow operation with low volumes of samples 

and integrate several functions into a single device. Microfluidics, micro-/nano-

patterning techniques and thin film deposition methods are some of the technologies 
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that have allowed the creation of devices measuring only a few millimeters. The design 

of transducers has greatly benefited from the advances on these miniaturized 

technologies. Today, electrochemical and optical transducers can be easily 

miniaturized to the micro-or nano-scale. But to complete the biosensing function, these 

transducers require usually bulky readout systems. In this context, certain 

technologies may be placed in an advanced position with respect to others. For 

instance, electrochemical biosensors require reduced volume of sample and simple 

electronics. This has allowed the realization of several portable electrochemical 

biosensors, where the best example is the glucometer. Optical biosensing, in addition 

to a readout system, require an external light source to induce a measurable optical 

response, which makes miniaturization a more challenging task. To address this 

limitation, in recent times researchers have proposed is to integrate readout systems 

into smartphones to reduce overall size and enable portability.78,79 Smartphones not 

only have LED flashes that may be used as illumination sources, but CMOS-based 

cameras can also be used as signal detectors. They can also process signals and 

have connectivity, which may promote their application into wearable biosensing. 

 

 

 

 

 

 

 

 

 



Chapter 2 

29 
 

2.2 On-skin Biosensors 

 Sweat is the body fluid easiest accessed and therefore suitable for on-skin 

monitoring devices. This medium can provide a wealth of information related to the 

body’s physiological state and eventually about the health of the patient. For this 

reason, sweat is one of the most targeted biofluids for the development of non-invasive 

wearable biosensors. Up to date, various sweat biosensors for monitoring of analytes 

such as Na+, Cl-, K+, Ca2+,80 Zn2+, Cd2+, Pb2+, Cu2+, Hg+,81 glucose,82 lactate,33 uric 

acid and ascorbic acid,36 ethanol,83 cortisol 84 etc. have been reported. Although sweat 

is rich in different types of metabolites and electrolytes which are potential disease 

markers, extensive effort is still required to tackle the problems involved in its use. 

These problems are mostly associated to the low rates of sweat production at resting 

heart rate. Sample evaporation at body temperature, dependence of biomarker 

concentration on sweat production rate and mechanism, and cross-contamination with 

molecules already on the skin surface, such as those contained in cosmetics, cause 

additional problems. In this section, advances in wearable sweat biosensors will be 

discussed based on the approaches employed to generate this fluid. We can 

distinguish between naturally occurring (i.e. through physical exercise, thermal heating 

or stress) and stimulated (i.e. iontophoresis) sweat secretion. The way the fluid is 

generated will shape the biosensor design in its sampling, sensing and device 

technology.  
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2.2.1 Sweat Biosensors 

 As mentioned before wearable skin-interfaced biosensors provide a non-

invasive alternative to conventional diagnostics methods that require blood sampling. 

Acquiring a blood sample through invasive methods has the potential to cause 

physical trauma and infection, and usually requires the assistance of a trained 

healthcare professional.85 Early investigations on sweat biosensors focused on 

developing skin-interfaced platforms able to capture sweat during exercise and detect 

a single bioanalyte. First, tattoo-like approaches were established; later, these were 

integrated with microfluidics. In recent years, the sweat biosensing proof-of-concept 

has been extensively validated and numerous skin-interfaced biosensors have been 

developed based on various detection mechanisms, substrates, nanomaterials, and 

target analytes.17,81,82,86,87 Among different types of wearable devices that can analyze 

sweat directly 17,82,84,86-90 or via their integration with microfluidics,33,38,77,91 various 

transduction mechanisms have been utilized including electrochemical and optical 

ones. Today, some of these wearable biosensors can provide multiplexed information, 

not only for the simultaneous quantification of multiple biomarkers,17 but also for 

maximizing accuracy by tracking other parameters such as temperature, humidity 

and/or pH.82 On the other hand, recent developments have combined sensing and 

drug delivery features via closed-loop systems, which feature self-triggered drug 

release mechanisms when certain levels of targeted analyte are reached. For 

example, glucose monitoring may lead to an automatically determined insulin 

delivery.82 Regarding the targeting analytes, although sweat contains numerous ions, 

metabolites and even small amounts of large biomolecules, glucose has been the 

most commonly studied biomarker in sweat technology and we will therefore 

extensively review the advances on glucose sweat sensing devices.17,82,86,87,89,92 
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Electrochemical sensing is the most common method used in wearable sweat 

analysis due to its high sensitivity and simplicity. Recently Lee et al. reported an 

electrochemical multilayer wearable biosensor for glucose monitoring with multistage 

transdermal drug delivery for management of diabetes mellitus.82 The wearable 

biosensing patch (Figure 2.2a-c) is composed of an ultrathin and stretchable substrate 

that accommodates various sensors for glucose, humidity, pH, and temperature, and 

an integrated microneedle array for controlled drug delivery. Glucose monitoring starts 

with sweat uptake in a porous layer where the humidity sensor is used to measure the 

critical amount of sweat. When sufficient amount of sweat is present in the sweat-

uptake layer, detection of glucose and measurement of pH levels occur. Glucose 

detection was performed on an electrodeposited nanoporous Au working electrode 

modified with a mix of glucose oxidase enzyme (GOx), chitosan-graphene and bovine 

serum albumin. The Au nanoporous structure provided a large electroactive surface 

area and enhanced H2O2 catalytic activity, enabling glucose detection in the range of 

10 μM to 1 mM which covers typical glucose concentrations in sweat from 

hypoglycemic to hyperglycemic states.32,82 Metformin drug was loaded into 

temperature-sensitive nanoparticles incorporated into an array of hyaluronic acid 

hydrogel microneedles. Two types of temperature-sensitive nanoparticles were used 

with melting temperatures of 40oC and 45 oC, respectively, which makes them ideal 

for temperature-dependent stepwise drug delivery. Integration of the microneedle 

array with heaters afforded controlled thermal actuation and multistep and triggered 

drug release through the microneedles in response to an individual’s glucose levels. 

The external part of the wearable device was covered with an elastomeric silicone 

patch to protect it from the ambient humidity and prevent delamination during skin 

deformation. The wearable glucose device was applied on human subjects and was 



Chapter 2 

32 
 

able to detect glucose and measure the skin temperature simultaneously (Figure 2.2c). 

Unique features of this sensing platform are combination of different sensors for 

accuracy improvement, incorporation of nanomaterials for improvement of sensitivity 

and providing suitable environment to the enzyme, as well as combination of 

monitoring system with drug delivery for diabetes management. Only limitation to this 

work is lack of wireless system which would drastically ease real application 

experiments.      

In addition to flexible substrates, wearable biosensors need flexible printed 

circuit electronics which can be easily integrated into the plastic substrates to facilitate 

adhesion to different parts of the body without affecting the signal quality because of 

possible deformation in the substrate.93 Example of such flexible printed circuit was 

recently reported by Gao et al..17 Figure 2.2d-f illustrates a mechanically flexible 

wearable device based on an integrated sensor array for in situ multiplexed 

perspiration analysis with a flexible circuit board for complex signal processing. The 

device has the ability to selectively and simultaneously screen targeted metabolites 

(glucose, lactose) and electrolytes (K+, Na+). Multiplexing biosensors on a single 

wearable device can collect more detailed information about the patient’s physiological 

state. The described flexible electrode sensor array enables amperometric enzyme-

based sensing of glucose and lactate, and potentiometric sensing of K+ and Na+ via 

ion-selective electrodes. Enzymatic sensors for glucose and lactate detection were 

prepared by drop-casting a mixture of enzyme (GOx or lactate oxidase, LOx), chitosan 

and single-walled carbon nanotubes (SWCNT) onto Prussian Blue (PB)-modified Au 

electrodes. The thickness of the PB film is key to tune the sensitivity and linear 

response range, while SWCNTs contribute to enhance the mediated electron transfer. 

SWCNTs have excellent electrical conductivity and large surface area which make 



Chapter 2 

33 
 

them popular as an electrode or surface integrated active nanomaterial 94 for 

enhancing the sensitivity of wearable biosensors. Incorporation of temperature 

sensors made of Cr/Au metal microwires provided real-time calibration of the glucose 

and lactate sensor readings. While worn on the wrist (Figure 2.2h) and forehead of a 

human subject exercising on a cycle ergometer, the sensor array was able to measure 

changes in analyte concentration for different sweat rates.95 Distinctive characteristic 

of this work is flexible printed circuit electronics which enables signal processing of 

two measurement techniques, amperometry and potentiometry, in multiplexing. 

Through this system, once more is illustrated that additional sensors for accuracy 

improving is very important in sweat sensing same as incorporation of nanomaterials 

which not just increases conductivity and surface area but also enhances mediated 

electron transfer.      

Field-effect transistor (FET)-based devices stand out in biosensor research due 

to their attractive properties such as low-cost manufacturing, mass production 

capability and sensitivity.96 FET devices are three-terminal semiconductor devices 

which are composed of source, drain, and gate electrodes. The working principle of 

FET biosensors is that the electrical conductance of the sensing component between 

the source and the drain changes with the specific binding of biomolecules or 

chemicals onto the surface.97 For instance, enzyme-based FET biosensors work on 

the principle that the enzymatic reaction affects the charge at the gate surface and 

produces a signal change that scales with substrate concentration.97 Liu et al. recently 

86 proposed a FET-based wearable device based on a flexible In2O3 nanoribbon 

(Figure 2.2g and h) fabricated by sputtering ~20 nm thick In2O3 on 5 μm flexible 

polyethylene terephthalate (PET) substrate, after which Au was sputtered to coat 

source, drain, and side gates. A SonoPlot printer deposited a mixture of chitosan, GOx 
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and SWCNT on the source and drain pads. Integrating two side gate electrodes coated 

with Au between four In2O3 nanoribbons afforded a FET device with an Ag/AgCl 

reference electrode positioned in the middle of the device. The additional side gate 

also coated with Au served to monitor changes in the device potential. The 

performance of the FET glucose biosensor was tested using human body fluids such 

as sweat and tears. The sensor showed a LOD of 10 nM being able to distinguish 

between glucose levels in real human sweat before and after a meal. From this 

example it can be clearly seen how important nanofabrication is for device 

miniaturization which is required in wearable sensing technology. Although, sensor 

has impressive working range in glucose detection of 1 nM to 1 mM it still has to be 

incorporated in wearable flexible electrical circuit which could be challenging due to 

the size of the electrodes.   
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Figure 2.2: Wearable skin-interfaced biosensors for sweat monitoring. a) Schematic 

illustration and b) optical image of a sweat analysis biosensor array with glucose, pH, 

and humidity electrodes, c) wearable patch attached on subject’s forearm while using 

cycle ergometer, adapted from Ref. 82 Copyright (2017) American Association for the 

Advancement of Science, d) schematic illustration of a sensor array device for 

glucose, lactate, Na+, K+ and temperature sensing, e) optical image of a flexible 

electrode array and, f) wearable device applied on human wrist for glucose, lactate, 

K+ and Na+ detection, adapted with permission from Ref. 17 Copyright (2016) Springer 

Nature, g) schematic illustration of pH and glucose sensing device and working 

principle of the biosensor, h) SEM image of an In2O3 nanoribbon device for glucose 

detection, adapted with permission from Ref. 86 Copyright (2018) American Chemical 

Society. 
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The aforementioned studies were able to overcome several important 

challenges faced when developing devices for direct sweat analysis. Thanks to the 

incorporation of additional sensors self-calibration increased the reliability of the 

sensor when ambient conditions such as pH and temperature changed. On the other 

hand, flexible substrates and electronics overcame the mechanical stress caused by 

body movement that can lead to device delamination and loss/damage of immobilized 

bioreceptors due to friction.93 Nevertheless, flexible sweat biosensors coupled to the 

skin still do not address the problems related to sample evaporation and sweat rate 

effects. In order to address these issues, microfluidic systems have been integrated 

into skin-interfaced biosensors. These wearable devices work on the principle of 

ensuring adhesion to the skin surface, while collecting sweat from naturally occurring 

pores and routing the sample towards the biosensing area using micro-channels 

and/or reservoirs.16 These flexible microfluidic devices enable the collection and 

storage of sweat, and allow the analysis of multiple analytes by using different 

detection techniques that mainly include colorimetric and electrochemical approaches.  

Recently, Wang’s team introduced the first soft microfluidic platform for 

epidermal electrochemical sensing of sweat metabolites glucose and lactate.77 The 

platform is composed of two soft PDMS layers, the first containing the three-electrode 

system (working, counter and Ag/AgCl) and the second one with the microfluidic 

channels and the detection reservoir. The device interfaces with sweat glands across 

the skin to fill the microfluidic device with sweat (Figure 2.3a). Photo-lithography was 

used to pattern sensors and interconnect layers after which those patterns were 

coated by nanolayers depositing 10 nm Ti, 550 nm Cu, 20 nm Ti and 200 nm of Au 

using e-beam evaporator. Later on, these nanolayer Au based connectors were 

screen-printed with Prussian blue-modified carbon ink for working and counter 
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electrodes, and for reference Ag/AgCl ink was used. The working electrode was 

modified with entrapped LOx or GOx for lactate and glucose sensing, respectively. 

This study demonstrates the successful combination of mico- and nanofabrication 

technologies with printed electronics. The microfluidic device was tested on human 

subjects where on-body electrochemical flow detection capabilities of lactate and 

glucose were successfully demonstrated (Figure 2.3b). However, interfaces of 

microfluidic device with sweat glands across the skin should be investigated in more 

details since dynamic of the skin can drastically vary from patient to patient.      

Koh et al. 91 reported a wearable multifunctional microfluidic device for capture, 

storage and colorimetric sensing of pH, glucose, lactate, and Cl-. The device consists 

of a multilayer stack of three subsystems (Figure 2.3c); a skin compatible adhesive 

layer with integrated micro-machined opening for sweat collection, a sealed collection 

of microfluidic channels and four reservoirs with integrated color-responsive chemicals 

for colorimetric detection, and a near field communication (NFC) electronics for 

wireless communication with an external device. Their channel design avoids 

backpressure and allows free fluid flow. Commercially available colorimetric D-lactate 

and Cl- kits, and pH indicator solution were used for colorimetric sensing. The glucose 

sensor was prepared with a mixture of GOx, horseradish peroxidase (HRP), trehalose 

and potassium iodide. A smartphone interface (Figure 2.3d) extracting RGB color 

information from the sensory parts of the device was used to interpret the analytes 

concentration. The soft wearable microfluidic device was successfully used to monitor 

targeted sweat analytes on human subjects during intense physical activities. Since it 

is only tested on subjects during exercise, limitation of this sensing platform is that it 

does not address problem regarding low and inconsistent sweat volume rate. Before 
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commercialization of such colorimetric wearable sweat devices sweat rate volume 

would be one of the main problems to address. 

 

 

 

Figure 2.3: a) Schematic illustration of an electrochemical microfluidic device for 

glucose and lactate detection, b) optical image of the microfluidic device integrated 

with electronic board for wireless transfer of data, adapted with permission from Ref. 

77 Copyright (2017) American Chemical Society. c) Schematic illustration of a 

microfluidic sweat device and its NFC system for colorimetric detection of pH, glucose, 

lactate and Cl-, d) demonstration of NFC between device and smartphone launch 

software, adapted with permission from Ref. 91 Copyright (2016) American Association 

for the Advancement of Science.  
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Despite the great progress recently made in the development of skin-interfaced 

biosensors for sweat generated through exercise or local heating, the limitations 

associated with the low and inconsistent volume rate, together with the poorly 

understood relationship between secretion rate and partitioning profile, have 

encouraged investigations in alternative processes to stimulate sweat generation. In 

this context, iontophoretic stimulation has emerged as a preferred method to 

overcome challenges related to the non-continuous production of sweat. In the 

following section, wearable devices that use iontophoresis to induce sweat secretion, 

followed by electrochemical sensing of the analyte in the secreted sweat will be 

discussed. Additionally, ISF can also be extracted to the outer skin surface through a 

similar mechanism, the so-called reverse iontophoresis. Wearable biosensing 

platforms based on this approach will be also reviewed.  

 

2.2.2 Iontophoresis-based Biosensors 

Secretion of sweat during exercise is approximately 20 nL per gland per min,16 

varies between individuals and is related to the intensity of physical activity, fitness 

and hydration level.1 While sweat sourced during physical exercise is appropriate for 

fitness monitoring, the lack of its continuous secretion in elderly patients or during less 

active physical states makes sweat insufficient for continuous medical monitoring. This 

issue can be addressed by iontophoresis. By applying a mild electric current across 

the skin, iontophoresis facilitates the release of sweat-inducing small molecular drugs 

into the dermis, where sweat glands are located. Acetylcholine, methacholine and 

pilocarpine are examples of sweat-inducing drugs used in iontophoresis, each 

providing a specific sweat secretion profile. Iontophoresis devices require additional 

two electrodes, anode and cathode, for current application. These electrodes are 
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typically modified with hydrogels, where anode’s hydrogel contains the sweat-inducing 

drug. Electrical current flow from anode to cathode triggers the movement of drug 

molecules from hydrogel under the skin, following current flow, through epidermal 

layer and into the dermis where stimulation of sweat glands occurs (see Figure 2.4a). 

Thus, sweat is secreted regardless of the physical activity status.1 

Conversely, in reverse iontophoresis, a mild current is applied between the 

anode and cathode to facilitate ionic migration across the skin epidermal and dermal 

layers towards the cathode. This technique has been employed to enrich the content 

of biomarker molecules in sweat.98,99 The negative charge of the skin at neutral pH is 

responsible for its permselectivity to cations. This forces an electro-osmotic flow of ISF 

from the dermis layer towards the outermost epidermal layer that causes 

electrophoretic transportation of neutral molecules such as glucose to the skin surface 

99 (Figure 2.4a). Iontophoresis-based techniques have been used in combination with 

electrochemical sensing for the monitoring of cystic fibrosis,18 alcohol,56 lactate,17 

glucose,17,98-101 and urea 102,103 from sweat. 

Emaminejad et al. recently reported an integrated wearable platform that 

combines autonomous sweat production via iontophoresis and detection of glucose, 

Na+ and Cl- levels, ontrolled by a wireless flexible printed circuit board (Figure 2.4b).18 

Healthy subjects and cystic fibrosis patients showed significant differences in their Na+ 

and Cl- levels (26.7 and 21.2 mM for the healthy individuals, and 82.3 and 95.7 mM 

for CF patients, respectively). Those results were consistent with tests performed ex 

situ using collected sweat samples. Unique quality of this work is autonomous sweat 

production via iontophoresis using wireless flexible printed electronics. Although, 

working range for glucose detection can easily analyze glucose concertation in healthy 
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individuals (see Table 2.1) further improvements in working range should be extended 

if glucose is to be detected in diabetic patients.     

A commercial example of reverse iontophoresis in a wearable device for semi-

continuous electrochemical glucose monitoring is the GlucoWatch by Cygnus 

Inc..104,105 Its commercialization was discontinued upon consumers complaints about 

skin burns caused as a result of repeated high current applications. This problem was 

overcome by Chen et al. in their recent report on the application of reverse 

iontophoresis for electrochemical glucose monitoring 100 with an ultrathin skin-like 

based sensor powered by a paper battery. The paper battery is used to power reverse 

iontophoresis by generating a mild current flow through the dermis layer, from the 

anode to the cathode. During this process high-density positively charged hyaluronic 

acid (HA) located underneath the anode is repelled into the ISF. As a result, the ISF 

osmotic pressure rises, affecting the equilibrium between ISF filtration and 

reabsorption, and thus contributing to an increase in the intravascular blood glucose 

extracted from the vessel and driven to the skin surface. The high glucose 

concentration in ISF speeds the flux of the reverse iontophoresis up, and thus low 

applied currents suffice, minimizing the risk of skin irritation and pain for the user 

(Figure 2.4c). The skin-like biosensor suitably conformed to the skin and accurately 

measured the glucose driven to the skin surface thanks to a multilayered structure 

consisting of a 80 nm PMMA layer, a 1.6 µm polyimide layer, a 100 nm nanostructured 

Au film, and a 51.8 nm PB layer on which GOx was entrapped in a 1 µm chitosan 

membrane (Figure 2.4d). The nanostructured pattern of the Au layer transferred to the 

electrocatalytic and enzymatic layers provided a large surface area to perform both 

enzymatic and electrocatalytic reactions, contributing to the high sensitivity (130.4 

µA/mM) and low LOD (5 µM) achieved. In vivo obtained data using the skin-like 
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biosensor correlated well with measurements performed by a conventional finger-prick 

glucometer. Results in vivo confirmed there were no signs of irritation, inflammation or 

pain using this reverse iontophoresis-based glucose biosensor.    

In order to increase consistency of analyte extraction via reverse iontophoresis, 

a path-selective graphene-based glucose monitoring platform was recently developed 

by Lipani et al..106 This platform consists of GOx hydrogel reservoirs into which ISF is 

drawn via electroosmosis and the systemic glucose there is quantified by an 

electrochemical biosensor made of a graphene-based film decorated with Pt 

nanoparticles (Figure 2.4e). The graphene-Pt nanocomposite enhances the sensitivity 

due to its high conductivity and large surface area, and is suitable for integrating high-

resolution patterns into wearable devices using standard microfabrication techniques. 

The nanocomposite-based glucose biosensor provided a sensitivity of 37 µA/mM/cm2 

and low LOD of 0.76 µM. The patch consists of an array of small electrodes (Figure 

2.4f) having sizes suitable for extraction of ISF from single hair follicles which 

decreases resistance and improves reproducibility of ISF extraction. In vivo tests of 

the device demonstrated continuous measurements of glucose concentration for six 

hours. However, further optimizations are required prior to commercialization. Those 

include the operation lifetime of the sensor which can be addressed by improving 

stability and catalytic activity of materials nanostructures, and increasing the detection 

range of the sensors. Normal glucose level in sweat ranges from 36 to 60 µM (see 

Table 2.1) where proposed device operates from 8 to 25 µM range. Furthermore, long-

term reliable operation of the sensor can be improved by shielding the sensor surface 

by filters, selective or durable solid membranes, and cleaning or renewing sensing 

elements or membranes.107  
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Figure 2.4: a) Schematic illustration of the iontophoresis and reverse iontophoresis 

processes. b) Autonomous sweat extraction, Na+ and Cl- sensing platform composed 

of a wireless flexible printed circuit board and an electrode array, adapted from Ref.,18 

c) schematic illustration of a wearable paper battery-powered device for non-invasive 

electrochemical monitoring of glucose from ISF, d) schematic of the multiple layers of 

an electrochemical skin-like glucose biosensor, adapted from Ref. 100 Copyright (2017) 

American Association for the Advancement of Science, e)  reverse-iontophoresis 

based sensing-patch utilizing graphene-Pt nanoparticles pixel arrays for glucose 

monitoring (electrodes: 1 and 4 used for glucose extraction, 1, 2, and 3 for glucose 

detection), f) flexible and fully integrated graphene-based pixel array, adapted with 

permission from Ref. 106 Copyright (2018) Springer Nature. 
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Whilst both iontophoresis and reverse iontophoresis 18,56,98,102,106,108-111 have 

demonstrated strong potential for non-invasive monitoring of small molecules such as 

glucose,18,98,106,108,112 urea,102,112 alcohol,56,108 Na+ and Cl-,18 they are limited by several 

drawbacks that have yet to be resolved. First, the need to repeatedly apply current 

and the associated risk to cause skin discomfort and pain. Second, the long (e.g. 20 

min) pre-measurement time 100 that is not conducive to continuous monitoring. Third, 

this one being specific to iontophoresis, the need to incorporate sweat-inducing agents 

that could lead to adverse effects for long term usage.  

 Table 2.2 summarizes the most recent wearable devices applied for the 

detection of single or multiple analytes in sweat, the nanomaterials used for sensor 

construction and their analytical performance. The main drawback of sweat is that not 

all the important biomarkers are accessible in this type of biofluid (see Table 2.1). In 

order to detect biomarkers which for example can facilitate early prevention or 

treatment of cancer or even increase life quality of chronic patients, one needs to take 

a closer look in deeper layers of the skin. And this can be achieved by means of 

transdermal or subcutaneous monitoring technology.       
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Table 2.2: Examples of the most recently developed wearable sweat and 

iontophoresis-based biosensors.  

 Biosensing 
electrodes 
materials 

Targeted 
analyte 

DM Detection 
limit (M)  

Detection range 
(M) 

Ref. 

 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
Sweat 
biosensors 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 
 

pAu-chitosan-

graphene/GOx 

Glucose Amp. NR 10 x10-9 – 1x10-3 82 

In2O3- Au/chitosan-

SWCNT/GOx 

Glucose FET 10x10-9 10x10-9 – 1x10-3 86 

Au-chitosan-CNT/GOx 

Au-chitosan-CNT/LOx 

ISE-K+ membrane 

ISE-Na+ membrane 

Glucose 

Lactate 

K+ 

Na+ 

 

Amp. 

 

NR 

0 – 200x10-6 

2 – 30x10-3 

2 – 16x10-3 

20 – 120x10-3 

 
17 

LbL-

CNT/AuNS/CoWO4/CN

T 

Glucose Amp. 1.3x10-6 0 – 0.3x10-3 87 

PANi-Nafion-OPH/PVA 

hydrogel 

DFP Poten. 10 x10-3 10 – 120x10-3 88 

Au/rGO/Au-Pt NP/GOx/ 

Nafion 

Glucose Amp. 5x10-6 0 – 2.4x10-3 92 

Urease/ZnO NW 

Uricase/ZnO NW 

GOx/ZnO NW 

LOx/ZnO NW 

Urea 

Uric acid 

Glucose 

Lactate 

 

Piezo. 

0.5x10-3 

10x10-6 

20x10-6 

0.1x10-3 

5 – 25x10-3 

0.024 – 0.101x10-3 

0.042 – 0.208x10-3 

0 – 20x10-3 

 
89 

Au-ZnO/AOx Alcohol EIS  

Amp. 

2.17x10-6 2.17x10-6 – 43.4 

x10-3 

90 

MoS2 nanosheet on 

flexible nanoporous 

membrane 

Cortisol EIS 2.76x10-9 27x10-9 – 1.38x10-6 84 

 

Textile-

OECT/PEDOT:PSS ink 

Ascorbic 

acid 

Adrenaline 

Dopamine 

 

FET 

 

101x10-6 

10x10-6 

1x10-6 

0.1 – 10x10-3 

10 – 100x10-6 

1 – 10x10-6 

 
113 

PFI-PB-GOx Glucose Amp. 1x10-6 1x10-6 – 1x10-3 114 

C-PB ink/Chitosan-

BSA-LOx 

C-PB ink-GOx 

Lactate 

Glucose 

Amp. NR 

50x10-6 

4 – 20x10-3 

2 – 10x10-3 

77 

MS-OECT Cortisol Amp. NR 0.01 – 10x10-6 38 

Cl- detection reagent 

D-Lactate assay kit 

Chromogenic reagents 

(GOx, HRP, trehalose, 

KI) 

Chloride 

Lactate 

Glucose 

 

Col. 

 

200x10-6 

~0 – 156x10-3 

~1.5 – 100x10-3 

~0 – 6.3x10-3 

 
91 

AuND-ISE Na+ Poten. 0.8x10-6 0 – 40x10-3 115 

BSA-LOx/SPEES/PES Lactate Amp. NR 0 – 28x10-3 33 

 

Electrochemical fabric- 

CNT fabric substrate 

Glucose 

Na+ 

K+  

Ca2+ 

 

Amp. 

 

NR 

0 – 200x10-6 

10 – 160x10-3 

2 – 32x10-3 

0.5 – 2.53x10-3 

 
116 

WSNF Glucose CV 500x10-9 500x10-9 – 10 x10-3 117 

Ag chloranilate, pHEMA 

Glucose colorimetric 

assay kit 

Dye-HRP-LOx 

Cl- 

Glucose 

Lactate 

 

Col. 

 

NR 

25 – 100x10-3 

25 – 100x10-6 

5 – 20x10-3 

 
118 
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CCY-Fe2O3-Anti-Cmab Cortisol CV 1.38x10-17  2.75x10-15 – 2.75 

x10-6 

119 

 
 
 
 
Iontophores
is-based 
biosensors 

Au/chitosan/CNT /PB 

/GOx 

Na+ - ISE 

Cl- - ISE 

Glucose 

Na+ 

Cl- 

Amp. 

 
NR 

0 – 100x10-6 

10 – 80x10-3 

10 – 80x10-3 

 
18 

Carbon 

ink/chitosan/BSA/AOx/ 

PB  

Alcohol Amp. 

 

NR 0 – 36x10-3 

56 

PB ink/ agarose/ 

chitosan/ GOx 

PB ink/ agarose/ 

chitosan/ AOx 

Glucose 

Alcohol Amp. 

 

NR 
0 – 160x10-6 

0 – 40x10-3 

108 

Carbon ink/ CNT/ 

Nafion 

Methyl 

xanthine  

DPV 

 
3x10-6 0 – 40x10-6 

109 

 
Reverse-
iontophores
is based 
biosensors 

Flex. subs.-graphene-

Pt/GOx 
Glucose 

Amp. 

 
0.76x10-6 8 – 25x10-6 

106 

PB ink/ chitosan/ BSA/ 

GOx 
Glucose  

Amp. 

 
3x10-6 10 – 100x10-6 

 
98 

SPCE-PPy-Urease Urea Poten. 

 

8x10-6 10x10-6 – 5x10-3 102 

Abbreviations: DM-detection method, Amp-Amperometric, Poten-potentiometric, Piezo-piezoelectric, Col-

colorimetric, Iont-iontophoresis, R.Iont-reverse iontophoresis, DPV-differential pulse voltammetry, pAu-porous 

Au, GOx-glucose oxidase, LOx-lactate oxidase, T-temperature, NR-not reported, FET-field-effect transistor, 

CNT-carbon nanotube, SWCNT-single-walled CNT, ISE-ion selective electrode, C-carbon, PB-Prussian Blue, 

LbL-layer by layer, DFP-diisopropyl fluorophosphate, PANi-polyaniline, OPH-organophosphate hydrolase, EIS-

electrochemical impedance spectroscopy, AOx-alcohol oxidase, MS-molecular selective, OECT-organic 

electrochemical transistors, NW- nanowires, AuND- Au nanodendrites, SPEES-sulphonated polyesther ether 

sulphone, PES-polyether sulphone, PEDOT-poly(3,4-ethylenedioxythiophene), SPCE-screen printed carbon 

electrode, PPy-polypyrrole, PFI-perfluorosulfonated ionomer, WSNF-wrinkled, stretchable, nanohybrid fiber, 

CCY- conductive carbon yarn 
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2.3 Transdermal Biosensors 

Transdermal monitoring most commonly targets the ISF residing in the dermis, 

although peripheral blood can also be transdermally sampled from the deeper layers 

of the skin. Transdermal blood sampling, however, may cause damage to nerve 

bundles and rupturing of blood vessels. In recent years, the transdermal analysis of 

the ISF environment has been used for the detection of metabolites (e.g. 

glucose,100,120,121 lactic acid,120 alcohol,122 cortisol123) and biomarkers of various 

diseases, such as cancer.124-129 Collecting and sampling ISF for real-time monitoring 

content demands advanced methods that are minimally invasive, painless, rapid, 

sensitive, and easy to use by patients. Current methods used for collection of blood 

for analysis cause discomfort and pain, especially for patients requiring testing on a 

daily basis such as diabetic patients, and this is affecting patient compliance.82 In 

addition, those methods generate biohazard sharps waste, and can lead to infection 

via the punctured and disrupted skin. Research on developing an alternative approach 

for transdermal monitoring has attracted considerable attention. Microneedles (MNs) 

seem to be the most promising candidate with characteristics to address most of the 

problems faced by current methods. MNs are a miniaturized form of conventional 

hypodermic needles with few hundreds of microns in height.11 Their size grants them 

the unique characteristic of reaching the interstitium eluding stimulation of dermal 

nerves or rupturing dermal blood vessels.130 A variety of methods for microfabrication 

of microneedle arrays (MNAs) from various materials with different shape, size, 

morphological features and MN density has been demonstrated. Furthermore, 

combinatorial approaches of microscale MNAs with nanomaterials to capitalize on the 

advantages of both micro- and nanosystems emerged a decade ago and have been 

increasing steadily since then. MNAs have been primarily used in the pharmaceutical 
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field for drug and vaccine delivery across the skin.131,132 The integration of MNAs with 

nano-sized materials such as carbon nanomaterials, quantum dots, and metallic, 

polymeric and magnetic nanoparticles have demonstrated great success for 

applications in enhanced drug delivery and imaging for diagnosis.133-136 In parallel, 

there has been a surge in the studies of MNAs for transdermal biosensing and 

extraction of biological fluid for further analysis.11,137 Table 2.3 summarizes recent 

works on ISF and biomarker extractions and sample analysis methods used, as well 

it compares various biosensors based on direct transdermal monitoring.  

The application of MNAs in biosensing research is arguably more complex than 

skin delivery, and many parameters concerning MN development and biosensor 

design have to be taken into consideration. For example, the type of material from 

which MNAs are produced is of high importance for transdermal detection, as it will 

affect the biocompatibility, mechanical stability and long-term performance of the 

biosensor. Depending on the application area and the technological development, 

different material types have been used to fabricate MNAs. Since their emergence in 

the 1990s, high precision micro- and nanotechnological tools have enabled the micro 

and sub-micron sized MNA fabrication from Si, which was the first material applied 

towards transdermal drug delivery.138-140 Its elastic modulus ranges from 50 to 180 

GPa 141 and is higher than that of  metals used in orthopedic implants.130 For 

transdermal monitoring applications, next to biocompatibility, one of the main 

challenges in designing MNAs is to avoid fragility where individual MNs might break 

and end up inside the body, and can pose health concerns. The foreign body response 

to the transiently inserted MNA might be significantly different from the one observed 

when MNs break and potentially accumulate inside the skin tissue. To overcome this 

problem, various types of materials have been tested for the purpose of providing a 
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suitable mechanical strength while maintaining a favorable biocompatibility of MNAs. 

Additionally, the surface of MNs has to allow the incorporation of the functional groups 

required for the immobilization of the biological recognition element, responsible for 

providing selectivity to the analysis. Whilst most of the existing MNA transdermal 

biosensors are mainly based on microstructured materials, the recent progress in 

nanotechnology may provide new opportunities for addressing many of the barriers 

that the field is facing. Combinational approaches in which solid MNAs are coated with 

nanomaterials such as Pt nanoparticles,142 Au nanorods 143 and MWCNT 144 have 

been recently proposed for the transdermal monitoring of metabolites and protein 

biomarkers. These reports have successfully demonstrated superior biosensing 

performance over the sensors not incorporating nanomaterials due to an increased 

surface area, versatile surface chemistry and good biocompatibility. However, the 

mechanical stability of these nanoparticles when MNAs are inserted into the skin 

remains challenging. Other combinational micro-/nanostructural approaches for MNA-

based biosensing include hollow MNs filled with functional nanostructures 145,146 and 

hybrid nanocomposite MNs integrating nanoparticles within a polymer matrix.147,148 

Here we will discuss sensing methodologies where ISF is harvested via MNAs 

and analyzed offline, and where in vivo monitoring is performed directly on skin using 

wearable MNAs, with a focus on the biosensor design. Recent advances on MNA 

fabrication techniques, materials, design and mechanical testing’s have already been 

reviewed in detail and we refer the interested reader to this review.130 
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2.3.1 Microfluidic ISF Extraction and Subsequent Offline Analysis  

 Various wearable optical and electrochemical sensing devices have been 

developed by integrating hollow MNAs into microfluidic systems. These systems are 

designed to facilitate painless collection of transdermal fluid which is directed to 

microchannels or chambers where the analyte is selectively recognized by the 

bioreceptor, enabling final detection. This type of wearable devices can support 

different detection strategies such as affinity interactions where antibodies or DNA 

aptamers are immobilized at the inner lumen of the MNAs or along microchannels 

capturing the target analyte, or catalytic reactions where enzymes are used as the 

bioreceptor. As a particular case of a microfluidic device with integrated hollow MNAs 

Ranamukhaarachchi et al.149 reported an optofluidic biosensor for vancomycin 

detection from artificial ISF, where MNs were used as microreactors. In this case, a 

peptide with affinity for vancomycin was immobilized at the inner lumen of MNs, 

enabling vancomycin detection upon a competitive step where vancomycin caused 

the displacement of a HRP-vancomycin conjugate previously bound to the immobilized 

peptide (Figure 2.5a). Requiring sub-nanoliter volumes, the enzyme reaction occurred 

in the 450 μm-MNA lumen. The subsequent optical detection of the product of the 

enzymatic reaction between the remaining HRP and 3,3’,5,5’-tetramethylbenzidine 

substrate took place in the detection chamber of the optofluidic device that operated 

on the basis of total internal reflection via an optical waveguide (Figure 2.5b). 

Limitation of this device is that used displacement and/or labelled approaches are not 

suitable for monitoring purposes especially in wearable sensing.  

Electrochemical biosensor devices have also been reported using similar ISF 

extraction systems based on MNAs integrated into microfluidic platforms for the 

detection of glucose and K+ in an adjacent chamber where the electrochemical 
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biosensor is placed.145,150-152 As a recent example, Strambini et al.152 described a 

MNA-based electrochemical glucose sensing device composed of a densely packed 

array of hollow silicon dioxide MNs and an integrated chamber with an enzymatic 

glucose sensor at the backside of the MNA (Figure 2.5c and d). The SEM micrograph 

shown in Figure 2.5e illustrates the size comparison of the MNA with the tip of a 

conventional hypodermic needle. The working electrode was a carbon screen-printed 

electrode modified with GOx entrapped in a carboxymethyl-cellulose hydrophilic 

polymer. The size and density of the MNAs were selected to maximize their capillarity, 

affording ISF collection within a few seconds (1 μL/s). After filling the chamber with 

only 5 μL solution, accurate in vitro glucose measurements were carried out in artificial 

ISF. This device has unique features of acquiring small amount of ISF in very short 

time due to the size and density of hollow MNA. On the other hand, limitation of the 

devise is that it cannot be used in continuous long-term glucose monitoring with 

current design. Further modification such as microchamber for continuous flow of ISF 

or disposal of ISF should be investigated. 
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Figure 2.5: MNAs integrated into microfluidic systems. a) Illustration of the biosensing 

strategy that relies on a competitive assay, the analyte being vancomycin; b) cross-

sectional schematic view of MN-based optofluidic biosensor, adapted from Ref. 149. 

High density hollow silicon dioxide MNs for measurement of glucose in ISF; c) 1-front 

side and 2-back side of the MNA chip, 3- glucose biosensor, 4- glucose biosensor 

integrated with MNA chip; d) optical images of chips placed on fingertip; e) SEM of 

MNAs compared to the size of a typical insulin hypodermic needle, adapted with 

permission form Ref. 152 Copyright (2015) Elsevier.  

 

 

Microfluidic devices based on collecting transdermal fluid for subsequent 

analysis have the potential to become an important component of point-of-care 

diagnostics. However, continuous monitoring would require constant flow of 

transdermal fluid through the system which actually could increase the complexity of 

the device to facilitate the required routes for the fluid to be directed, such as in the 

hollow MNA that rely on complex multi-step fabrication procedures.153-155 To overcome 

these issues, alternative approaches have been suggested, including selective 
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biomarker capture (see Table 2.1) first, followed by subsequent analysis, and direct 

transdermal measurements. In the next parts, progress on these methodologies will 

be discussed.   

 

2.3.2 Transdermal Biomarker Capture and Analysis via MNAs 

 Efficient selective biomarker capture and extraction from ISF using MNA 

modified with bioreceptors has been recently reported.156-161 Typically, an antibody-

modified MNA is first inserted into the skin to allow specific binding of the biomarker 

present in ISF. Then, the MNA is removed from the skin to proceed with further 

analysis. This approach is advantageous compared to MNA-based strategies that 

extract whole ISF because the biological complexity of ISF might introduce the 

requirement of additional sample pre-treatment steps.  

Bhargav et al. reported the optimization of a MNA-based platform to efficiently 

capture a specific biomarker in the skin of live mice and subsequently quantify its levels 

via an indirect ELISA.156 A COOH-PEG-HS compound was self-assembled on an Au-

coated Si MNA followed by covalent coupling of ovalbumin (OVA). Following the in 

vivo anti-OVA IgG extraction (Figure 2.6a), ELISA results confirmed that the MNA 

capturing efficiency in vivo is lower than in vitro most likely due to the poor mass 

transfer in transdermal fluid (Figure 2.6b). The authors also found that ~20% of the 

OVA immobilized on the MNA was released into the skin upon application, which 

raises concerns for wearable device developers due to the immune response that 

might be triggered. In order to increase the amount of captured biomarker and thus 

improve diagnosis sensitivity, Kendall et al. recently optimized MN size and density 

(5000 – 30000 per cm2) in a MNA patch to maximize influenza IgG antibodies capture 

from skin in less than one minute. Subsequently they quantified the amount of 
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captured antibodies via indirect ELISA (Figure 2.6c).157 MNA penetration experiments 

and ELISA analysis were performed on murine skin which is substantially thinner than 

human skin (Figure 2.6d and e). There are few problems with using this approach. 

First, it is still not suitable for personal monitoring purposes and solely relies on working 

protocols to ensure consistency of the results. Second, OVA immobilized on the MNA 

was released into the skin upon application. This can give misleading results since 

very hard to determine OVA concentration removed from MNA surface. Future work 

should focus on in vivo application of MNA and eventually translating this technology 

to human skin.  
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Figure 2.6: ISF analysis via affinity using receptor-modified MNAs. a) Schematic 

illustration of surface modification of MNAs and the detection strategy for the target 

biomarker, b) ELISA results illustrating in vivo and in vitro MNA application for the 

detection of α-OVA-IgG antibody, adapted with permission from Ref. 156 Copyright 

(2012) American Chemical Society. c) Schematic representation of selective protein 

capture and extraction via MNAs and comparison to a syringe needle, d) SEM image 

of MNA, and e), cryoSEM of MNA penetration into mice skin, adapted with permission 

from Ref. 157 Copyright (2018) Elsevier. 

 

 

In conclusion, direct extraction and subsequent analysis of biomarkers from 

transdermal fluid has the potential to lead to the development of point-of-care 

diagnostics and wearable devices for biomarker detection. And biomarker analysis 

from ISF is not only relevant for diagnostic purposes, but also for biomarker discovery 

research.13,162 The main disadvantage of this method is the need for external analysis 

techniques, which is the additional step required to complete the analysis. However, 



Chapter 2 

56 
 

the complexity of ELISA-like methods could be overcome by the simplicity and high-

throughput capabilities of biosensors.  

 

2.3.3 Direct Transdermal Monitoring Using MNAs  

 Direct ISF analysis refers to the detection of a specific analyte in ISF without 

the need for sample extraction and external analysis. The measurements are 

performed when the MNA is applied on the skin. Most of the strategies reported for 

the direct ISF analysis rely on electrochemical detection, mainly using enzyme-based 

sensors as summarized in Table 2.3. Lee et al. reported an approach based on a non-

enzymatic sensor developed using a Pt black-modified stainless steel MNA for 

continuous monitoring of transdermal glucose.121 The MNA was fabricated by wet 

chemical etching of stainless steel using ferric chloride, followed by 90o bend of the 

etched MNs (Figure 2.7a). A thin Au layer was electrodeposited on the stainless steel 

MNAs surface, passivated using a parylene coating, then the tip of the MNs was 

electroplated to form either a Pt black layer or an Ag/AgCl layer. The nanostructured 

Pt black-modified MN tips were then coated with a Nafion membrane to eliminate 

interference from other electroactive molecules. Deposited nanostructured Pt black 

drastically increased the active surface area of the glucose sensor by 444 times when 

compared to bare Pt, and served as a catalytic layer for glucose sensing.  The sensor 

featuring the 650 μm-long MNs was attached on the back of a rabbit (Figure 2.7b), 

and allowed in situ glucose detection from ISF with a linear range from 2 to 36 mM 

and LOD of 50 µM. Results were compared with those obtained using a glucose 

analyzer for blood samples collected simultaneously to MNA analysis, and showed 

excellent correlation. The sensor was stable over the first three days of in vivo 

measurements but then failed to provide reliable results at day five, possibly due to 



Chapter 2 

57 
 

biofouling of the MNs. Most important feature of this work is illustration of how catalytic 

effect of nanomaterials can be successfully used for transdermal monitoring. This is 

especially important since enzyme activity will decrease by the time and nanomaterials 

can be solution for long-term continuous monitoring.     

  The Wang group has recently reported a similar approach combining a 

wearable bandage with a MNA-based electrochemical sensor for melanoma 

screening.163 The target in this case was tyrosinase (TYR), which is involved in the 

synthesis of melanin and can lead to skin melanoma if overexpressed and 

accumulating in the skin.164,165 The working principle of their wearable sensor is based 

on the oxidation of catechol, entrapped on an agar layer coating the MNA surface, to 

benzoquinone (Bq), in the presence of TYR. Bq is then reduced at a working potential 

of -0.25 V and the generated current is amperometrically measured. The MNA was 

designed to access TYR in the deeper parts of the dermis, the reticular dermis (Figure 

2.7c). The sensor is composed of polymeric hollow MNs with 800 μm length and 425 

μm diameter. The hollow structure of the MN was filled up with either carbon paste to 

prepare MN-based working and counter electrodes, or Ag/AgCl ink for the reference 

electrode. The working electrode was then coated with a catechol-agar solution. 

Furthermore, the MNA patch was integrated into a flexible printed electric board to 

support amperometric measurements. It was also equipped with a wireless electronic 

interface to facilitate data transfer. This wearable sensor device was firstly assessed 

on a phantom gel loaded with different TYR concentrations after which ex vivo testing 

was performed on pork skin (Figure 2.7d). This type of monitoring could minimize 

biopsies and thus decrease related delays in cancer diagnosis. 

As mentioned above, the combination of MNA and nanomaterials hold great 

promise for achieving a superior biosensing performance. Particularly, in 
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electrochemical sensing, nanostructured electrodes have the potential to increase the 

electrical conductivity and the electroactive surface area, resulting in improved 

sensitivity and lower LOD. Recently, Bollella et al. have reported the first MNA-based 

biosensor for the continuous monitoring of lactate in ISF.166 In a combinatorial 

approach, the authors engineered the initial gold MNA surface by first 

electrodepositing MWCNT, followed by the electropolymerization of a redox mediator 

(methylene blue) to finally immobilize the catalytic enzyme, LOx. The resulting micro-

/nanostructured MNA constitutes a second-generation biosensor that was assessed 

for the detection of lactate in vitro. Continuous monitoring was demonstrated in both 

artificial ISF and human serum spiked with lactate. The authors reported a LOD of 

2.4 µM and a sensitivity of 800 μA cm−2mM−1 in ISF, whereas in human serum the 

LOD was 3.2 µM and the sensitivity 180 μA cm−2mM−1. These results evidence that 

the biofouling effects have a strong impact in the biosensing performance, which may 

be further exacerbated in wearable settings for long-term applications. 
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Figure 2.7: Examples of transdermal biosensors based on MNA. a) Schematic 

illustration of 3D MNA patch for non-enzymatic glucose sensing, b) testing of sensor 

after being applied to rabbit skin, adapted with permission from Ref. 121 Copyright 

(2016) Elsevier. c) Illustration of transdermal TYR melanoma biomarker detection 

using MN sensor, d) ex vivo screening of TYR biomarker in porcine skin model using 

MN sensor, adapted with permission from Ref. 163 Copyright (2018) Wiley.    

 

 

 Direct electrochemical ISF analysis of biomarkers using commercialization-

ready MNA devices still faces quite a few challenges to be resolved before the long-

awaited dream of patients and physicians can be realized. These challenges revolve 

around biocompatibility of the required componentry for sensing and the stability of the 

sensing layer in an in vivo environment over a time frame that is fit for a clinical 

purpose. Research towards solving of these challenges should be focused on 

fabrication of MNA from biocompatible polymers or uniform application of 
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biocompatible polymers coatings on MNA surface. Furthermore, special attention 

should be devoted to development of stable MNA surfaces for immobilization of 

biological recognition elements such as enzymes and applying protective layer on 

MNA surface in order to prevent delamination of sensing surface. During penetration 

of MNA through the skin, sensing surface like nanostructures and enzymes could be 

easily removed from the MNA surface due to the compression and friction between 

skin tissue and MNA. For these reason biocompatible and dissolvable protective 

polymeric coatings are necessary for stable and long-term application transdermal 

biosensors.   

 

Table 2.3: List of reported transdermal monitoring biosensors.  

 Materials MN 
height 

Target  
analyte 

Sample Sample 
analysis 
method 

Ref. 

 
 
 
 
 
 
 
 
 

ISF extraction 
and offline 

analysis  
 
 

MNs/p-type S 350 µm Glucose Human Commercial 
blood glucose 

test strip 

167 

TSMA/Pt-C/BSA-
GOx 

300 µm Glucose Human Electrochemical 150 

SSMA/SPE/GOx 325 µm Glucose Human Electrochemical 151 

MeHA-MN-CL5 
patch 

800 µm Glucose 
Cholesterol 

Mouse Commercial 
quantitation kits 

168 

Eshell300-PC 1450 µm K+ NR Electrochemical 145 

32 G Ultrafine 
Nano pen needles 

NR ISF proteins Human LC-MS/MS 13 

PEG-Au/MNA 110 µm 
260 µm 

NS1 protein Mouse ELISA 124 

PLA-HMDA 1000 µm (TNF)-α 
IL-6, IL1-α 

Mouse ELISA 129 

Hydrogel PVP, 
Stainless steel 
MNs 

250 -750 
µm  

Glucose, 
total protein 

content 
 

Human Commercial 
glucose assay 
kit and BCA 

protein assay kit 

 
73 

Stainless steel 650 µm Vancomycin, 
anti-polio 
IgG 

Rat HPLC-MS/MS 
analysis 

169 

MN-PSS-AuNRs 650 µm Rhodamine 
6G 

Rat SERS 143 

BD 32 G Ultra-
Fine Pen needles 

1500 µm Exosomes Rat and 
Human 

Exosomes 
isolation kit 

(Invitrogen) and 
TEM 

 
162 
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Direct 
transdermal 
monitoring 
using MNAs 

Materials MN 
height 

Target  
Analyte 

Detection 
Limit (M) 

Linear 
Range (M) 

Ref. 

Au/Pt black- 
Nafion 

650 µm Glucose 50x10-6 50x10-6 - 36x10-

3 

121 

Nafion - Au/Pt 
black MNs 

600 µm Glucose 23x10-6 1 - 40x10-3 170 

Pt/Stainless steel-
EDOT/GOx 

680 µm Glucose NR 2 - 24x10-3 171 

Pt/MWCNTs/MNs 380 µm Glucose NR 3 - 20x10-3 144 

PtNps/PANi/MEA/
GOx 
PtNps/PANi/MEA/
UOx 
PtNps/PANi/MEA/
ChOx 

 
600 µm 

Glucose 
Uric acid 

Cholesterol 

260x10-6 
4x10-6 

440x10-6 

2 – 12x10-3 
0.1 – 1.2x10-3 

1 – 12x10-3 

 
142 

PEGDA 500 µm Glucose 
Lactate 

1x10-6 
1x10-6 

0 - 4x10-3 
0 - 1x10-3 

120 

E200acryl-filled 
CP-PEI-LOx 

1500 µm Lactate 0.42x10-3 0 - 8x10-3 172 

AuMN/AuMWCNT
/MB 

1000 µm Lactate 2.4x10-6 0.01 – 0.2x10-3 166 

LCP/MNs-Pt wire 800 µm Alcohol NR 0 - 80x10-3 122 

Au-ElectroNeedle 500 µm p-Cresol 1.8x10-6 1x10-6 -1x10-3 173 

AuMNA- P(GMA-
co-VFc) 

292 µm Urea 2.8x10-6 50 - 2500x10-3 174 

AuMN/pTCA-GOx 700 µm Glucose 19.4x10-6 0.05 – 20x10-3 175 

E200acryl-BMAE 1174 µm Glucose 
Glutamate 

0.1x10-3 
3x10-6 

0 -14x10-3 
0 -140x10-6 

146 

E200acryl-
CP/Catechol-agar 

800 µm Tyrosinase 
(TYR) 

NR 0.1- 0.5 mgml-1 163 

CP-OPH-
Nafion/E200acryl 

1500 µm OP-nerve 
agent 

4x10-6 20 - 180x10-6 176 

PCL/PD/PEDOT/
Hemin 

700 µm NO 1x10-6 1 - 16x10-6 177 

Pt/REGO MNA 800 µm H2O2 NR 0.1 – 8x10-3 148 

MNA-PLA/f-
MWCNT 

870 µm Ascorbic 
acid 

180x10-6 0 – 1x10-3 147 

Abbreviations; TSMA-tapered Si MNs, BSA- bovine serum albumin, GOx-glucose oxidase, SSMA-straight Si 
MNs, SPE-screen printed electrode, MeHA-methacrylated hyaluronic acid, CL5-UV exposure time for 5 min., 
PC-porous carbon, NR-not reported, LC-MS/MS- liquid chromatography mass spectrometry analysis, PEG-
polyethylene glycol, PSS- poly-styrenesulfonate, AuNR- Au nanorods, SERS- surface enhanced Raman 
spectroscopy, PLA- polylactic acid, HMDA-hexamethylenediamine, (TNF)-α- human tumor necrosis factor, IL-
6 interleukins and IL-1α- interleukins 1 α, PEGDA-poly(ethylene glycol) diacrylate, E200acryl- Eshell 200 
acrylate based polymer, PANi-polyaniline, CP-carbon paste, PEI- polyethyleneimine, LOx-lactate oxidase, 
EDOT- PEDOT poly (3,4-ethylenedioxythiophene), LCP-liquid crystal polymer, BMAE-bio-component 
microneedle array electrode, OPH-organophosphorus hydrolase, OP-organophosphorus, PCL-
polycaprolactone, PD-polydopamine, PLA-poly(lactic acid) 
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2.4 Subcutaneous Biosensors  

Subcutaneously implanted biosensors can provide more accurate and reliable 

signals compared to less invasive sensing methods. The main characteristic of these 

devices is their integration with the local environment while providing full function. They 

can potentially sustain continuous, accurate monitoring of biomarkers in subcutaneous 

fluids, and deliver valuable information about the individual’s health state, particularly 

important for chronic patients. These implanted systems have to meet the highest 

standards regarding biocompatibility, accuracy, lifetime, and of course, patient-

acceptance. Subcutaneously implanted devices do not require very invasive surgery 

for placement, making them patient-compliant, but their long-term performance is still 

limited by a number of factors. The implantation triggers a host response when the 

object is inserted leading to a fibrous capsule forming around the device following an 

initial acute inflammation.51 This may affect the accuracy and calibration of the device, 

and can potentially have life-threatening consequences if the sensor reading informs 

treatment decisions. 

The most recent advances in nanotechnology have led to the development of 

novel nanomaterials that are emerging with the potential to underpin the implantable 

sensing field by allowing small, smart and energy efficient designs. Here we will review 

the latest advances in subcutaneously implanted biosensor design and fabrication. 

Glucose sensing using implantable devices is certainly in a very advanced 

position compared to other body analytes. Research and development in this area is 

driven by the high prevalence of diabetes and the large associated market.178 

Implanted glucose sensor technology is nowadays solidly established in clinical 

practice and at the point of care. The technology has given diabetes sufferers a new 

level of autonomy and quality of life. There are seven FDA approved and commercially 
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available implantable glucose sensors, six of which are based on electrochemical 

enzymatic sensing.179 The recently launched Eversense system (Senseonics) is 

based on non-enzymatic fluorescent methods. These devices are user-friendly and 

harness advanced communications to connect the sensor transmitter with portable 

smart devices for glucose concentration tracking. However, several limitations have 

been associated with implanted glucose sensors, including a short lifetime and sensor 

calibration issues. Typically, due to the host response mentioned above, these 

subcutaneous devices need to be replaced every three to seven days and recalibrated 

every 12 h.180,181  

This host response may be moderated by employing biocompatible 

nanomaterials and/or engineered surface chemistries. Control over biofouling using 

PEG coating has been used to reduce tissue inflammation and extend the sensor 

lifetime.182,183 For example, Hui et al. developed a DNA electrochemical biosensor 

based on PEGylated PANi nanofibers with demonstrated antifouling properties for the 

detection of a breast cancer marker, the BRCA-1 gene.183 Zwitterionic systems have 

also been popular due to their ability to bind water molecules resulting in antifouling 

properties.184,185 Nanostructured Pt-PANi electrodes were coated with ultrathin 

zwitterionic sulfobetaine methacrylate to minimize the biofouling impact on the 

performance of implantable biosensors. The engineered surface chemistry was 

demonstrated to reduce over 99% nonspecific protein adsorption and allowed 

maintained sensitivity at 94% for 15 days.184 Alginate hydrogel encapsulation has also 

been broadly employed to improve implant biocompatibility and mitigate the host 

response. Abidian and Martin proposed a multifunctional coating for enhancing 

biocompatibility while preserving conductivity in implantable microelectrodes.186 These 

electrodes were first coated with electrospun nanofibers, then covered with an alginate 
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hydrogel. Subsequently, a conductive polymer (PEDOT) was electropolymerized on 

the electrode side, which provided an increased conductivity.  As an attempt to 

minimize local inflammation and diminish the fibrous capsule formation anti-

inflammatory agents such as dexamethasone have been incorporated in hydrogel 

matrixes.187,188 For instance, pH-sensitive molecularly imprinted polymer (MIP) 

nanospheres loaded with dexamethasone have been demonstrated to minimize the 

inflammation response of implanted biosensors for an extended period of time of over 

six weeks. Promotion of tissue vascularization by delivering vascular endothelial 

growth factors (VEGF) has also been proposed as a strategy for the attenuation of the 

host response. Sung et al. combined the release of both dexamethasone and VEGF 

in a sequential approach to control the immune response of hydrogel-coated SWCNT-

based implantable biosensors.54 In vivo studies showed that combined 

dexamethasone/VEGF delivery improves the vasculature around the implant and 

reduces inflammation. Also, sequential delivery was proven to be a more efficient 

strategy than simultaneous delivery, with an increased therapeutic index 

(vasculature/inflammation ratio) of over 30%. NO release can inhibit platelet activation 

and adhesion, motivating the development of a number of NO releasing platforms for 

implanted sensors.189 For instance, S-nitrosothiols can act as NO donors and they 

have been incorporated in a number of implantable sensors. Soto et al. have recently 

reported the modification of a polyurethane membrane with nitrosothiol-doped silica 

nanoparticles for the long-term sensing of glucose. Results showed a stable, linear 

response to glucose at physiological levels in vitro for up to two weeks.190 To date, no 

strategy has yet achieved suppression of the foreign body response and this certainly 

remains an obstacle for the further development of implanted devices. However, the 

combination of strategies to improve biocompatibility together with the release of 
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agents able to mitigate inflammation and improve vascularization promises to 

overcome long-term implantation issues.188,191   

A common issue related to the mechanism of implanted GOx-based sensors 

with electrochemical transduction is the significant drift in the tissue oxygen. The 

formation of a cellular and protein fouling film alters local blood supply and limits the 

permeability of oxygen. Attempts to limit this phenomenon include the incorporation of 

nanostructural features to stimulate microvascularization 192 and the engineering of 

materials to balance oxygen and glucose transport.193 Gough et al. have addressed 

the oxygen deficiency issue by regenerating in situ 50% of the oxygen consumed and 

establishing a glucose-sensing strategy based on differential oxygen detection.194 The 

approach enabled the long-term monitoring of glucose by means of an electrochemical 

and telemetric sensor that remained implanted in pigs for more than one year. First, a 

two-step reaction was catalyzed by two enzymes immobilized in a PDMS membrane: 

GOx catalyzed the glucose reaction to gluconic acid; and catalase, subsequently 

regenerated the consumed oxygen. A second electrochemical non-enzymatic sensor, 

monitored the background oxygen current. The difference in the oxygen concentration 

between these two sensors is related to the glucose concentration. The sensor was 

tested in humans, remaining implanted for up to 180 days. The glucose reading 

displayed a 10 to 12 min delay between the actual blood concentration and that 

displayed by the implanted system, which was attributed to the glucose diffusion from 

capillaries through the interstitial space to the sensor surface.195 

A range of optical methods such as fluorescence,196 SERS 197,198 and surface 

plasmon resonance (SPR) 199 have been exploited as transducing mechanisms in a 

number of nanostructured implanted systems.200 Although still at an early development 

stage, these optical approaches appear to be a less invasive alternative to 
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electrochemical methods and offer the advantage of a potentially longer life-span and 

less frequent calibration requirements.201 Among implanted nanosensors with optical 

transduction, those based on non-enzymatic strategies have emerged as an 

alternative to overcome the limitations associated with the use of enzymes in glucose 

sensing. A range of fluorescent reporter probes have been employed for monitoring 

glucose levels, including anthracene acid 202 and oxygen-sensitive nanoparticles.203 

These probes are normally injected into subcutaneous tissue and their fluorescence 

is measured with a portable device outside of the body through the skin. However, 

their main drawback is that the injected probes are unlikely to remain in the specific 

site for long. To overcome this issue, fluorescent probes are normally embedded into 

microstructured hydrogels 204 or coupled with optical fibers using membranes such as 

cellulose,205 thus prolonging their in vivo residence and also providing improved 

biocompatibility.204  

Optical sensing based on affinity relies on the fluorescence change generated 

from the interaction of glucose with fluorescently-labelled glucose-binding moieties. 

The reversible affinity reaction between boronic acid and glucose has been studied for 

more than a century,206 but it was not until 1994 that the first fluorescent probe based 

on boronic acid was realized.207,208 The molecular combination of diboronic acid 

(saccharide binding) and anthracene (fluorophore) allowed their use in optical sensing 

of glucose via measurable changes in the fluorescence intensity.209 However, the 

application in vivo of these glucose-binding moieties in implanted systems had not 

been exploited until their immobilization on solid supports (e.g. hydrogel matrices). 

The Takeuchi group established a fluorescent-based sensor by combining 

biocompatible injectable hydrogels microbeads with a fluorescent dye and boronic acid 

for glucose recognition (Figure 2.8d).202,210 The hydrogel remained glucose responsive 
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for up to 140 days.202 Zhang et al. developed a glucose-sensitive nanobiosensor 

based on the immobilization of a fluorescent poly(amido amine) dendrimer into a 

glucose-sensitive copolymer microgels based on phenylboronic acid. The co-polymer 

microgel morphology was demonstrated to be tunable, from sub-100 nm particles to 

flower-like nanostructures. This sensor showed better stability against photobleaching 

and lower toxicity compared to conventional fluorescent dyes and quantum dots. 

Furthermore, the sensor was used to measure transdermal glucose concentration 

wirelessly in vivo.211 Implantable hydrogels and membrane-coupled optical fibers 

containing fluorescent probes have also been used for continuous non-enzymatic 

glucose monitoring. Fibers were co-polymerized with poly(acrylamide‐co‐

poly(ethylene glycol) diacrylate) and phenylboronic acid. The complexation of the 

phenylboronic acid and cis-diol groups of glucose caused changes in the physical and 

optical properties of the hydrogel, being sensitive to glucose concentration.212 ConA 

nano-formulations have also emerged in implantable glucose sensors. Typically, the 

sensing mechanism is based on the competition between glucose and a fluorescently 

labelled dextran for binding to ConA. Since glucose has higher affinity to ConA 

compared to dextran, it displaces donor-dye-bound dextran and disrupts the 

fluorescence energy transfer (FRET) between the donor dye and the acceptor dye that 

is covalently bound to ConA. In a report by McNichols et al. an optical fiber of 175 µm 

in diameter was inserted into a 210 µm diameter cellulose acetate membrane.205 The 

space in between was filled with a fluorescent ConA-based assay suspension by 

aspiration, after which it was sealed with cyanoacrylate. The cellulose acetate 

membrane used to cover the optical fiber prevented leakage of fluorescent ConA-

based assay suspension and at the same time allowed glucose diffusion. This system 

was implanted under the skin of a rat with the distal ends exposed on skin surface and 
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used for optical fiber connection. The presence of glucose leads to an increase in 

sensor fluorescence measured with optical fiber coupled spectrometer. 

The enzymatic reaction of glucose in the presence of GOx can also be 

employed in implanted sensors to trigger a measurable optical response. For instance, 

oxygen consumption induces a change in the fluorescence intensity of 

metalloporphyrin-based hydrogels. McShane et al. have shown that alginate hydrogel 

microparticles responded in a linear fashion to physiologically relevant levels of 

glucose for up to two weeks.204 Sun et al. have reported an ultrasensitive optical 

glucose sensor based on fluorescent polymer-dots (Pdots) and GOx that can be 

wirelessly monitored via a smartphone. The Pdots with a diameter varying between 

18 to 25 nm containing oxygen-responsive palladium porphyrin complexes act as 

optical transducers that allowed to differentiate between euglycaemia and 

hyperglycemia (Figure 2.8a) Semiconductive Pdots were selected due to their 

distinctive properties of high luminescence, brightness and stability, and 

biocompatibility. The authors also reported that their palladium-based porphyrin 

complexes have 10 times longer lifetime compared to their platinum-based 

counterparts.203 

Also, a wide variety of inorganic and hybrid nanomaterials such as noble metal 

nanoparticles, carbon nanomaterials and semiconductor quantum dots are currently 

emerging with the potential to overcome the current drawbacks such as short lifetime, 

long term accuracy and requirement for sensor calibration in implanted sensors.213 

Photoluminescent semiconductor quantum dots have been explored in cell imaging 

and are now being applied in the in vivo biosensing field. Indirect detection of glucose 

can be attained by a light-induced electron transfer from glucose via GOx and oxygen 

to a CdSe/ZnS QD electrode with the generated photocurrent being dependent on the 
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glucose concentration.214 The ability of SWCNT to transmit signals in the near-infrared 

window, where biological components exhibit minimum absorption and auto-

fluorescence, and respond to changes in the local environment can also be exploited 

for optical glucose detection.215 The Strano group used this tunable emission in 

enzymatic and non-enzymatic approaches for the near-infrared fluorescence sensing 

of glucose.216,217 They have also shown that SWCNT can remain functional for 300 

days after subcutaneous implantation into mice in a biocompatible alginate gel matrix 

(Figure 2.8b-c).218 This approach demonstrated to be successful for the detection of 

NO, being selective thanks to the specificity provided by the PEGylated DNA 

oligonucleotide sequence (ds(AAAT)7) wrapped around the SWCNTs, and 

maintaining high in vivo stability, biocompatibility, and near-infrared fluorescence 

quantum yield. The authors reported a LOD of 1 µM for NO, and with this performance 

the sensor can be used as a potential indicator of pathological nitrosative and oxidative 

stress. These systems do not photobleach, show minimal fluorescent interference with 

biological media and a fast readout of the fluorescent signal during NO detection.  One 

limitation of these fluorescent-based systems is that they exhibit a nonlinear response 

to glucose concentration.    

Silicon-based nanomaterials have also been reported for in vivo biosensing. 

They offer numerous advantages including low toxicity, versatile surface chemistry, 

adjustable dimensions and low toxicity. Silica nanospheres have been shown to be 

biocompatible and have been used to identify cancerous lesions.219 Silica 

nanoparticles were labelled with 124I for positron emission tomography and 

functionalized with a peptide to target melanoma. Silica nanoparticles showed a 

preferential uptake and localization at the cancerous tissue. Porous silicon has also 

emerged as promising nanomaterial with exciting optical properties. Indeed, a number 
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of studies have demonstrated its biocompatibility 220 and in vivo biosensing 

capabilities.221 Recently, Tong et al. demonstrated the stability and biocompatibility of 

implanted porous silicon optical rugate filter without compromising their optical 

functionality (Figure 2.8e-f).222 The nanomaterial initially proved to be cytotoxic, 

possibly due to the generation of reactive oxygen species, regardless of its surface 

chemistry. However, incubating the developed porous silicon-based transducer for 10 

days in the cell culture medium used during in vitro studies rendered the sensing 

device biocompatible in vivo.  
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Figure 2.8: a) Schematic of the real-time optical monitoring of glucose levels using 

oxygen-responsive fluorescent Pdots, adapted with permission from Ref. 203 Copyright 

(2018) American Chemical Society. b) Images of alginate-SWNT gel prior 

subcutaneous implantation and after at several time points throughout a 300-day test 

period (scale bar, 4 mm), c) quantification of the SWNT fluorescence over a 300-day 

test, adapted with permission from Ref. 218 Copyright (203) Springer Nature. d) Optical 

image of the implantation in mouse ear of injectable hydrogel glucose sensor and 

fluorescent image of the mouse ear, adapted from Ref.,202 e) optical images illustrating 

reading of the pSi rugate filter through the mouse skin, f) photonic peaks of pSi rugate 

film being read through the skin, adapted with permission from Ref. 222 Copyright 

(2017) Elsevier. 
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Photoacoustics has also been applied in the development of wearable devices. 

Photoacoustics can be seen as another optical technique, with the notable exception 

that the output are ultrasonic waves that occur as a response to a pulsating optical 

excitation. The method relies on the pressure variations caused by interaction between 

a laser beam and tissues through thermal expansion. The incident laser beam 

generates heat which results in variations in the acoustic signals, which can be 

measured by a piezoelectric transducer. This technology contributed to the early 

development of continuous glucose monitoring devices. Glucose can be selectively 

measured by targeting the molecule’s absorption bands. These absorption bands 

range from UV to mid-infrared; therefore, a variety of incident optical excitation 

wavelengths may be used. Glucon Inc. (Boulder, CO) pioneered the use of this 

technology for continuous glucose monitoring and implemented it in their product 

Aprise. In 2007, they reported a pre-clinical study where they monitored 62 subjects.223 

The device presented a good correlation with blood sugar levels, but showed poor 

reproducibility and low specificity. Although the reported results were promising, the 

device never reached the market and has not been further investigated in the peer-

reviewed literature. Some of its limitations may relate to the non-specific interferences 

caused by other substances, and its poor accuracy due to its sensitivity to 

environmental changes (e.g. temperature, pressure, humidity). Despite 

commercialization challenges, photoacoustics has continued to be subject of intensive 

investigations for the non-invasive monitoring of glucose with the aim to overcome 

some of these limitations.224,225 For example, Kottmann et al. proposed the use of a 

small photoacoustic cell integrated with two lasers at fixed excitation wavelengths 224. 

This method allows to correct the laser power variation by alternatively directing the 

lasers at the photoacoustic cell and a power meter, thus improving long-term drifting. 
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They also addressed the problem of varying humidity by introducing a N2 flow into the 

chamber. However, this is not a feasible solution for a wearable device. Sim et al. 

proposed to obtain microscopic spatial information prior to the photoacoustic 

measurement to increase the reliability of the method.225 The excitation laser was not 

only used to induce a photoacoustic signal but also to microscopically scan the skin 

and avoid physical and temporal homogeneities, such as sweat glands and secretion 

products. This method may enhance the accuracy and repeatability of glucose 

measurements, but increases measurement time. The combination of the dual-laser 

approach with the microscopic position scanning may overcome many of the 

limitations of the current systems. 

 

2.5 Conclusions and Future Perspectives 

Today, sophisticated yet affordable, user-friendly fitness trackers and smart 

watches are everyday widgets used by millions of people. While these devices are 

able to monitor a range of physical activity indicators (e.g. heart rate, sleep pattern, 

daily exercise), a next generation of personalized health and activity trackers is 

currently under development and promises to revolutionize the field. Next generation 

of wearable devices will provide real-time information about the user’s physiological 

state at a molecular level, thus delivering relevant information to a wide variety of 

applications ranging from healthcare to sports management. This fast-developing 

technology comprises skin-interfaced biosensors integrated into wearable and 

implantable systems. 

Over the past decade, investigations in material science, microfluidics, flexible 

electronics and communications have accelerated the development of this technology. 

In particular, the integration of nanostructured materials has contributed to some of 
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the most significant advances in the field. For example, the incorporation of 

nanomaterials such as CNT, metallic nanoparticles or semiconductor nanofilms 

greatly enhanced the biosensing performance of electrochemical and optical devices. 

However, there are several remaining challenges and opportunities for their effective 

integration into wearable devices. The long-term safety of nanomaterials continues to 

be under scrutiny. Therefore, long-term toxicity studies are critical to demonstrate the 

biocompatibility and biosafety of these nanostructured materials, especially for the 

more invasive applications here outlined. Because of the constant contact of wearable 

devices with the skin, physiological impact (i.e. coagulation issues, inflammation and 

foreign body response from the body) has to be studied a priori to avoid infection risks 

and detrimental sensor performance. Also, further effort has to be devoted to maintain 

the stability and accuracy of the wearable biosensors to be used in continuous long-

term monitoring. These barriers are currently being addressed through novel use of 

nanomaterials, surface chemistry and device designs.  Also, further effort has to be 

devoted to maintain the stability and accuracy of the wearable biosensors to be used 

in continuous long-term monitoring. Surface effects such as biofouling alters the 

interface between the biosensor and the bodily fluids, leading to reduced sensitivity 

and lifetime. Investigations to understand and control these effects, which are the main 

cause of performance deterioration, are still necessary. The challenge is currently 

being addressed through novel use of nanomaterials, surface chemistry and device 

designs. The use of highly biocompatible polymeric coatings has gained a prominent 

position as a strategy to lower biofouling and reduce immune responses. Polymeric 

matrices may also be used to entrap bioreceptors and thus minimize their intrinsic 

instability. Another strategy to improve stability and extend sensor lifetimes is the 

incorporation of anti-inflammatory drugs for enhanced tissue integration. The more 
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efficient use of nanomaterials into biosensor designs may see a further reduction of 

the size of these biosensors, which could potentially avoid, or at least reduce, foreign 

body responses. 

Compared to transdermal or implantable systems, on-skin approaches, such 

as sweat biosensors, produce a minimal immune response and suffer reduced 

biofouling. But the low concentration of most clinically relevant analytes in sweat, 

currently limits their use to the detection of ions and a few small molecules (i.e. 

glucose, lactate). In order to expand the opportunities for on-skin biosensors to low 

concentration analytes such as hormones or proteins, more sensitive and selective 

techniques need to be developed. The incorporation of nanomaterials that increase 

surface area, amplify signals, and improve catalytic properties may be used in the 

device design to boost sensitivity. Also, a new generation of engineered bioreceptors 

(e.g. DNA aptamers, nanobodies) have emerged with the potential to increase 

sensitivity and specificity. Some have already been implemented in extraordinarily 

sensitive immunosensors, reaching up to sub-picomolar detection limits. However, 

their application in continuous sensing continues to be hindered by the difficulties to 

regenerate them. To date, demonstrations of continuous sensing are still monopolized 

by approaches that use enzymes as bioreceptors. To expand the continuous 

monitoring opportunities from catalytic to affinity-based biosensors, the regeneration 

of bioreceptors is a major challenge to overcome. Regenerable electrochemical 

aptamers, which have been demonstrated to reach suitable detection levels in blood, 

show potential for their implementation in wearable biosensors. 

The collection of bodily fluids from the skin still brings many challenges. Sweat 

has attracted the greatest attention as an analytical biofluid for wearable devices, 

mainly because it is easily accessible via non-invasive techniques. However, 
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discontinuous availability and contamination from the skin surface have motivated the 

search for methodologies to induce sweat secretion. The well-established 

iontophoresis, although efficient, triggers skin irritations that make these devices non-

user-friendly. Developing alternative sweat collection approaches that combine sweat 

stimulation with microfluidics are required to enable continuous monitoring. ISF has a 

substantial advantage over sweat as it may enable the detection of protein biomarkers 

that are not present in sweat, or are present at very low concentrations. Further 

research into the nature and composition of ISF towards understanding the correlation 

between the changing levels of a biomarker with medical conditions or sports 

performance is still necessary. Sampling of ISF via transdermal devices offers several 

advantages over subcutaneous devices, including minimal invasion, easy 

replacement and more efficient integration into devices. But subcutaneous devices 

could also be advantageous for long-term monitoring without external devices 

attached to the body. The lifetime requirements for the marketable success of each of 

these sensors is very different. On-skin sensors are amenable to short term use 

models (hours or days), whereas transdermal devices should remain functional for 

weeks and implanted for months, or even years. 

We envisage that continuous monitoring of biomolecular profiles through 

wearable and implantable micro- and nanosystems will provide valuable information 

about our bodies for personalized and predictive healthcare in the near future. Great 

advances have been made in academic and industrial laboratories in the last few 

years. But for the successful translation of these systems from benchtop to 

commercialization, there are still many challenges to overcome. These challenges 

relate to safety, reliability, long-term performance, accuracy, device integration, and 

wearability. We expect micro- and nanotechnologies to be playing a central role in the 
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development of these devices, particularly in regards to miniaturization, robustness 

and stability. Microfluidics will contribute to fast, effective sample collection that 

provide reproducible and accurate sensor responses. Prototyped devices will require 

extensive validation via in vivo preclinical models and proven correlation with blood-

based tests. Other than scientific requirements, these devices have to be simple and 

affordable, yet efficient and safe. The integration of biosensors with smartphones is 

expected to enable simple readouts and accelerate the development of these devices. 

The considerations here presented offer many opportunities for advancing the field. 

Overall, the achievements and challenges discussed throughout this review will assist 

the cross-disciplinary teams of researchers to enable wearable biosensing technology 

have a substantial impact in the diagnostics game. 
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3.1 Introduction 

Sweat is the skin fluid easiest to access which makes it an attractive biofluid for 

health assessments based on noninvasive monitoring devices. It is secreted by 

eccrine glands after neurotransmitter stimulation, mainly acetylcholine, which results 

in the release of Ca2+ followed by the flow of Na+ and Cl- ions with water into the lumen 

and thus sweat generation.1 Apart from Na+ and Cl-, secreted sweat also contains 

different metabolites, peptides, proteins, and hormones 2,3 such as K+,4,5 cortisol,6 

lactate,7 and glucose,8 which are useful biomarkers for diagnosis and health 

monitoring. Recently, wearable sensors for sweat analysis have received considerable 

attention due to their ability for non-invasive monitoring of specific analytes and their 

wide application in healthcare, fitness, and environmental monitoring.9  

Despite the major advantages and many reported studies focusing on wearable 

sweat analysis, several key challenges have to be addressed. These include low 

sweat rates, changes in sweat composition, production rate during physical activity, 

evaporation of sweat sample, sample transfer, and contamination from skin. Other 

major challenges are relate to the biosensor design and its interaction with the skin. 

Complex phenomena occur at the biosensor-skin interface, and the biosensing 

platform should aim to protect the sensitive microenvironment of the working 

electrode.1 For example, the loss of recognition elements from the electrode surface 

due to the friction between the skin and the sensing platform can result in impaired 

sensor response and inaccurate results. Different microfluidic devices have been 

developed to address the issues of sweat evaporation and low sweat rates,2,9 but 

avoiding the damage of the working electrode microenvironment still remains a 

challenge. In order to address this challenge, in this study, a micropillar-based sensing 
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patch was developed with the ability to protect the sensing layer while being in contact 

with only sweat, and not the skin.  

This chapter focuses on developing and optimizing a glucose sensing patch 

utilizing high-density micropillar array (MPA) for noninvasive monitoring of glucose 

levels in human sweat. The proposed glucose-sensing patch is composed of a three-

electrode system, namely reference, counter, and working electrodes, all prepared 

using the micropillar arrays that have a density of 65,500 pillars/cm2. The sensing 

patch exhibited excellent analytical performance with a linear range between 50 µM to 

1.4 mM, detection limit of 26 µM, and sensitivity of 4.7 µA/mM. The sensor’s 

performance is sufficient for the analysis of glucose in healthy individuals with glucose 

levels ranging from 36 to 60 µM, and in diabetic patients which can show glucose 

levels significantly higher than 60 µM.1 Moreover, the glucose-sensing patch was 

tested in human sweat where glucose was successfully measured during 3 h period. 

The changes in glucose levels measured from human sweat correlate well with the 

changes in blood glucose levels obtained using a commercial glucometer.                       

 

3.2 Experimental Section 

3.2.1 Materials  

D-(+)-glucose, glucose oxidase (GOx) from Aspergillus Niger, chitosan low 

molecular weight, pyrrole, gold chloride (HAuCl4), acetic acid, glutaraldehyde, 

potassium hexacyanoferrate (III) (K3Fe(CN)6), potassium hexacyanoferrate (II) 

trihydrate (K4[FeCN6]·3H2O), uric acid, ascorbic acid, lactate, dopamine hydrochloride, 

iron (III) chloride (FeCl3), potassium chloride (KCl), sodium chloride (NaCl), sodium 

sulfate (Na2SO4), calcium carbonate (CaCO3), magnesium chloride (MgCl2), sodium 

bicarbonate (NaHCO3), sodium dihydrogen phosphate (NaH2PO4), and ammonium 
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hydroxide (NH4OH) were purchased from Sigma Aldrich Chemical Co. Hydrochloric 

acid (HCl) and sulfuric acid (H2SO4) were purchased from J.T. Baker. All chemicals 

were of analytical grade and were used without further purification. Aqueous solutions 

were prepared using Milli Q water (18.2 MΩ·cm at 25 oC).  

 

3.2.2 Fabrication and Modification of Micropillar Array-based 

Glucose Sensing Patch  

Micropillars were fabricated by UV-photolithography and deep reactive ion 

etching (DRIE) (Plasmalab 100 ICP380) of p-type crystalline Si (Figure 3.1a). Prior to 

the pre-patterning of the Si wafer using a chromium mask and a positive photoresist 

(AZ® 4562, MicroChemicals), the Si wafer was treated with hexamethyldisilazane 

(HMDS, MicroChemicals) as chemical adhesion promoter to increase hydrophobicity 

and adhesion of the subsequent AZ® 4562 film. HMDS was spin-coated on the Si 

wafer with a maximum speed of 3000 rpm for 30 s. Later on, a similar process was 

repeated using AZ® 4562 positive photoresist which was soft-baked at 110°C for 90 s. 

In the next step, Si wafer was exposed to 150 mJ/cm2 dose of ultraviolet radiation 

under a patterned mask which consists of an array of circles of 12 μm diameter and 

40 μm lattice constant in hexagonal arrangement. In the last step, the exposed 

photoresist was developed for 30 s using AZ® 400K (MicroChemicals) developer 

solution consisting of 3:2 developer/water ratio after which the developed wafers were 

rinsed with dH2O and dried under N2 gas. Once photolithography was finalized, Si 

wafers were etched via DRIE using a Bosch process which alternates etching with SF6 

and passivation with C4F8 cycles to obtain cylindrical microstructures. In total, the 

Bosch process consisting of 90 cycles was performed during which helium pressure 

was set at 10 Torr and table temperature was set at 15 ̊C. At the end, the remaining 
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photoresist was removed by rinsing the Si wafer with isopropanol, ethanol, and dH2O 

ready to use for the patch fabrication. 

The wearable glucose-sensing patch is designed as a three-electrode system 

composed of counter (C), reference (R), and working (W) electrodes all made of MPA. 

The Si-MPA substrate was attached to a 3D printed holder (Figure 3.1b) made in the 

Objet Eden 260V 3D printing system using Full Cure 720 (FC720) high-resolution 

printing material. Before attachment of Si-MPA substrate, the 3D printed holder was 

cleaned with aqueous 20% (w/v) NaOH solution in order to remove remaining printing 

residues of supporting material used during the printing process. The electrodes were 

cleaned with O2 plasma (180 W) (IoN Wave 10 Plasma Asher) for 1 min and then a 

conformal Au conductive layer was deposited on the electrode surface using an 

AC/DC sputtering system (Intlvac Nanochrome AC/DC). The deposition process was 

composed of two consequent steps; deposition of 15 nm of Cr (AC, 300W) which 

served as an adhesion layer, and then deposition of 200 nm Au layer (DC, 100V). Both 

processes were performed under vacuum at 1.95 mTorr and with sample rotation at 

100 rpm. The resulting electrodes (Figure 3.1b), referred as Au-Si-MPA, were 

undertaken a sticky tape test in order to assess the adhesion of the Au layer to the 

MPA. This fabrication process was employed in the production of all three electrodes, 

and each electrode is as shown in Figure 3.1d. Prior to assembling electrodes into a 

single three-electrode patch, R electrode was coated with AgCl ink and dried at 60o 

for 30-40 min and W electrode was modified as described below for the immobilization 

of GOx. 

Modification of the W electrode (Figure 3.1c) involved the electrodeposition of 

Prussian Blue (PB) on the Au-Si-MPA electrode surface. The electrodeposition 

process was performed in a solution composed of 2.5 mM FeCl3, 2.5 mM K3Fe(CN)6, 
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0.1 M KCl, and 0.1 M HCl using cyclic voltammetry (CV) by scanning the applied 

potential between -0.50 and 0.65 V at 50 mV/s. Then the electrode was rinsed with 

distilled water (dH2O) and dried at room temperature. Later on, the surface of the Au-

Si-MPA electrode was modified with a chitosan-Au nanoparticles (Ch-AuNP) 

nanocomposite, which was prepared following the procedure reported by Dervisevic 

et al.10 Briefly, the nanocomposite was prepared using chitosan, pyrrole, and HAuCl4 

solutions in v/v ratio of 5:1:1, respectively. First, 1% chitosan solution prepared in 1% 

of acetic acid was mixed with pyrrole and then 1% (w/v) HAuCl4 solution. During the 

mixing, the appearance of a dark reddish-brown color was observed due to the 

formation of AuNPs. Ch-AuNP mixture was vortexed and sonicated for 30 min in order 

to disperse AuNPs and then drop-casted onto the electrode surface and dried for 15 

min at 60oC. Next, the electrode was immersed in 2.5% glutaraldehyde solution for 45 

min after which it was rinsed with dH2O. Then, it was incubated into 20 mg/mL GOx 

solution prepared in 10 mM PBS and kept overnight at 4oC. Prior to use, the electrode 

was again thoroughly rinsed with 10 mM PBS. The wearable patch was prepared by 

integrating the W, C, and R electrodes in a three-electrode system supported by a 

bandage, as shown in Figure 3.1c and 3.1e. 



Chapter 3 

113 
 

 

 

Figure 3.1:  Schematic illustration of (a) Si-MPA fabrication process; i) pre-patterning 

of the Si wafer using a chromium mask and a positive photoresist and ii) deep reactive 

ion etching of Si, (b) Au-Si-MPA electrode fabrication process; i) attaching MPA to 3D 

printed holder, ii) deposition of Au layer on electrode surface, iii) three-electrode 

system patch, and (c) surface modification procedure of Au-Si-MPA electrode. 

Photograph of d) single Au-Si-MPA electrode (inset: SEM micrographs of MPA) and 

e) three-electrode system wearable patch.  
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3.2.3 Electrochemical Analysis using MPA Sensing Patch  

Electrochemical measurements were performed using a CHI 650E (CH 

Instruments, USA) electrochemical analyzer. Electrochemical characterization was 

conducted using CV and electrochemical impedance spectroscopy (EIS) methods 

recorded in a solution containing 5 mM K4[Fe (CN)6]/K3[Fe(CN)6] (1:1 ratio) in 0.1 M 

KCl. The analytical performance of the MPA sensing patch was studied via the 

amperometry method recorded in both 0.1 M PBS and artificial sweat composed of 

KCl, NaCl, CaCO3, MgCl2, NaHCO3, NaH2PO4, Na2SO4 and NH4OH. Monitoring of 

glucose levels from human sweat was conducted according to the National Health and 

Medical Research Council (NHMRC) guidelines under the approval of the Monash 

University Human Research Ethics Committee (project ID: 26495). Glucose levels in 

blood were measured using commercial glucometer and test strips (Accu-Chek Active, 

Roche), whereas glucose levels in sweat were measured using our MPA sensing 

patch, at different time intervals. Glucose levels were monitored 30 min before 

finishing an 8-hour fasting period, and after 30, 60, 90, and 120 min of having a meal 

composed of carbohydrate, protein, and fat. Prior to all measurements, the individual 

was subjected to moderate physical exercise for approximately 15 min in order to 

increase perspiration.     
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3.3 Results and Discussion 

3.3.1 Characterization of MPA Sensing Patch  

Morphological characterization of Au-Si-MPA electrodes and Ch-AuNPs was 

performed by means of field-emission gun scanning electron microscope (FEG-SEM) 

(FEI NovaNano SEM 430). Figure 3.2 shows SEM micrographs of side view (Figure 

3.2a), cross-section (Figure 3.2b), and top view (Figure 3.2c) of Au-Si-MPA electrode. 

MPA has a hexagonal arrangement, composed of micropillars with 12 μm diameter, 

~22 μm height, and 40 μm center-to-center distance between two adjacent pillars. 

Figures 3.2d and 3.2e show SEM micrographs of Ch and Ch-AuNPs, respectively, 

coated MPA. Ch produced a smooth surface as expected from the literature.11 

Conversely, in situ chemical synthesis of Ch-AuNPs resulted in a significant change 

of film morphology with visibly increased roughness and porosity of the film.    
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Figure 3.2: SEM micrographs of MPA a) side view, b) cross section, c) top view, and 

of d) Ch and e) Ch-AuNP nanocomposite on top of MPA.  

 

 

Prior to chemical modification, the surface of Au-Si-MPA was electrochemically 

cleaned by scanning CV in 0.5 M H2SO4 solution. This step is commonly applied in 

cleaning process of Au surfaces; however, it can also be used to determine the active 

surface area.12 The active surface area was quantified by dividing the charge of the 

reduction peak of the Au-coated electrodes by the charge per microscopic unit area of 

Au which is 390 ± 10 µC/cm2.13,14 Figure 3.3a shows the comparison between CV plots 

of a MPA-based electrode and a planar Au-Si electrode that does not contain any MPA 

structures, recorded in H2SO4 solution. The oxidation of Au layer and the reduction of 

oxidized Au can be observed at 1.0 – 1.2 V and 0.7 V, respectively. MPA-based 

electrodes show higher reduction peak when compared to the planar electrodes and 

that is attributed to the increased Au surface area provided by the presence of the 
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vertical MPA. The active surface area of both types of electrodes with geometric area 

of 0.15 cm2 is determined by the aforementioned approach, obtaining 0.97 ± 0.60 cm2 

and 0.8 ± 0.4 cm2 for Au-Si-MPA and planar Au-Si electrodes, respectively.    

Further electrochemical characterization was performed in order to monitor the 

surface modification of the Au-Si-MPA electrode. The stepwise functionalization 

process comprised PB deposition, drop-casting of the Ch-AuNP nanocomposite, and 

immobilization of GOx. Figure 3.3b displays a typical CV obtained during the 

electrochemical deposition of the PB layer on the Au-Si-MPA electrode surface. During 

electrodeposition of PB, the oxidation and reduction peaks centered at 0.15 and 0.10 

V, respectively, increased with the number of sweeping scans in the potential between 

-0.50 and 0.65 V at 50 mV/s scan rate.  The continuous increase in the current 

indicates the accumulation of PB on the Au-coated MPA.15 Additionally, Figure 3.3c 

shows a comparison of the CV characteristics between planar Au-Si and Au-Si-MPA 

electrodes, as well as the step-by-step modification of the Au-Si-MPA electrode 

surface. CV recorded in 5 mM K4[Fe (CN)6]/K3[Fe(CN)6] (1:1 ratio) in 0.1 M KCl 

solution illustrates the variation of redox peaks after each modification step. The 

oxidation peak intensity of bare planar Au-Si and Au-Si-MPA electrodes was 0.39 ± 

0.2 mA and 0.68 ± 0.3 mA, respectively. This increase in current intensity can be 

attributed to the larger active surface area of Au-Si-MPA electrode. Modification of 

MPA surface with Ch resulted in decreased current peak to 0.29 ± 0.24 mA which is 

expected since Ch is a nonconductive material,11 whereas the incorporation of 

electrically conductive AuNPs resulted in the increase of the redox peak current to 

0.56 ± 0.28 mA. After the immobilization of GOx on the Au-Si-MPA electrode surface, 

the current peak intensity decreased to 0.35 ± 0.21 mA due to the insulation effect of 

the enzyme immobilized on the surface. These results were comparable to those 



Chapter 3 

118 
 

found by EIS analysis. EIS measurements were recorded over a frequency range 

between 1 Hz and 10 kHz in 5 mM K4[Fe (CN)6]/K3[Fe(CN)6] (1:1 ratio) in 0.1 M KCl 

solution. Figure 3.3d represents the Nyquist plots corresponding to the EIS 

measurements obtained using planar Au-Si and MPA electrodes, and MPA electrode 

modified with Ch, Ch-AuNP, and GOx (MPA/PB/Ch-AuNP/GOx). According to the EIS 

results, the charge transfer resistance (Rct) was 40 ± 8  kΩ and 25 ± 5  kΩ for planar 

Au-Si and Au-Si-MPA electrodes, respectively. After the modification of Au-Si-MPA 

electrode with Ch, the Rct increased to 100 ± 21 kΩ, the incorporation of AuNP 

decreased the Rct to 59 ± 13 kΩ, and after the immobilization of GOx, the Rct 

increased to 164 ± 26  kΩ. EIS results are in good agreement with CV results showing 

that the Ch-AuNP nanocomposite has a smaller Rct which is representative of a more 

effective charge transfer resistance and thus a favorable property for electrochemical 

biosensors.    
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Figure 3.3: CV plots a) of planar Au-Si (a) and MPA (b) electrodes recorded in 0.5 M 

H2SO4 solution, and b) recorded during deposition of PB on MPA electrode surface. 

c) CV and d) EIS of planar Au-Si (a), MPA (b), MPA/Ch (c), MPA/PB/Ch-AuNP (d), 

and MPA/PB/Ch-AuNP/GOx (e) recorded in 5 mM of K4Fe(CN)6/K3Fe(CN)6 (1:1 ratio) 

in 0.1 M KCl. 
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3.3.2 In Vitro Characterization of MPA Sensing patch 

The detection of glucose is based on the electrocatalytic reduction of H2O2, 

generated from the reaction between GOx and glucose through the reaction sequence 

illustrated in Figure 3.4a, at the PB-modified surface. Increase in glucose 

concentration in PBS solution increases the current change recorded by amperometry. 

Figure 3.4b illustrates the amperometric response of the MPA sensing patch to 

consecutive additions of different concentrations of glucose recorded in 0.1 M PBS 

under an applied potential of -0.15 V. The biosensor exhibits a highly linear response 

to glucose within the 50 µM to 1.35 mM range, with the regression equation of I = 8.34 

[glucose] – 0.1033 (correlation coefficient of 0.9989), as represented in Figure 3.4c. 

From this analysis, the sensitivity was found to be 8.34 µA/mM and the limit of 

detection 22 µM. The selectivity of the MPA glucose patch against other potential 

interfering species was tested. Figure 3.5a shows the amperometric plot of MPA 

sensing patch in the presence of 100 µM of glucose, ascorbic acid, uric acid, lactate, 

and dopamine, from where no significant effect on the current change was observed 

(inset of Figure 3.5a), demonstrating that the patch can be used in matrices containing 

commonly interfering species.  
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Figure 3.4: a) Schematic illustration of MPA electrode modification layers and of 

glucose detection mechanism via MPA sensing patch. b) Amperometric response of 

MPA sensing patch to the consecutive additions of glucose (50 µM, 100 µM, 500 µM) 

recorded in 0.1 M PBS at applied potential of -0.15 V. c) Calibration curve derived 

from the amperometric measurements shown in b (inset of c: zoom in of the calibration 

curve at lower glucose concentrations ranging from 50 to 450 µM) (SD of n=3).  
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Preventing loss of, and damage in, the biological recognition layer of skin-

interfaced wearable sensors is a challenge due to the mechanical stress caused by 

friction. Herein, we propose a solution to this challenge where micropillar surfaces are 

part of the sensing layer with the majority of the enzyme immobilized at the bottom 

and sidewalls of the pillars and being protected from mechanical stress. A study was 

performed in order to investigate the effect of the MPA presence in the sensing 

electrode architecture on the sensor`s current response where MPA-based and planar 

Au-Si electrodes were attached on the skin for 4 h during which they were exposed to 

friction and reused for several times. Although, both MPA-based and planar Au-Si 

electrodes had insignificantly different responses when not exposed to friction as 

shown in Figure 3.5b(i) & 3.5b(iii), only MPA-based electrode was not significantly 

affected by the friction (Figure 3.5b(ii)) even after being used for five times in 4 h. On 

the other hand, the planar Au-Si electrode had lost almost 50% of its initial response 

after being worn for 1 h, and after 4 h response of planar Au-Si electrode decreased 

by approximately 95%. During the experiments, delamination of nanocomposite film 

form planar electrode surface was observed. These results demonstrate that a 

micropillar type of microstructure greatly enhanced the stability of the sensing layer by 

preventing its exposure to skin-caused friction and thus damage helping to maintain a 

stable sensor response. The use of micropillars not only provided an alternative 

solution to the existing strategies implemented for preventing enzyme loss that mainly 

involve masking the sensing layer with a semi-permeable thin layer that allows the 

penetration of sweat with small molecules such as glucose, but also provided a higher 

surface area for enzyme immobilization contributing to the sensor`s sensitivity and 

dynamic range. 
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Figure 3.5: a) Interference study of MPA patch at applied potential of -0.15 V using 

100 µM of glucose, ascorbic acid (AA), uric acid (UA), lactate (LA), and dopamine (DA) 

(inset of d: histogram showing current change obtained due to the addition of different 

interfering species (SD of n=3)). b) Study of loss of enzyme from electrode surface 

when exposed to mechanical friction; MPA-based electrode not exposed (i) and 

exposed to (ii) mechanical friction and planar Au-Si electrode not exposed (iii) and 

exposed to mechanical friction (iv) (SD of n=3). 

 

 

3.3.3 Glucose Monitoring in Human Sweat 

 In order to better understand the potential of MPA sensing patch, real 

application scenarios were established to determine the glucose concentration in 

sweat of human subjects before, during, and after meal consumption. First, the 

electrochemical performance of the MPA patch was tested in simulated real sample 

using artificial sweat. Amperometric measurements were performed in artificial sweat 

composed of an aqueous mixture of KCl, NaCl, CaCO3, MgCl2, NaHCO3, NaH2PO4, 

Na2SO4 and NH4OH.9,16 Figure 3.6a shows an amperometric plot representing the 

current response of the MPA sensing patch to increasing glucose concentrations in 
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artificial sweat, recorded under an applied potential of -0.15 V. The MPA patch 

exhibited excellent analytical performance in monitoring glucose in artificial sweat, 

showing a linear response from 50 µM to 1.4 mM with the linear regression equation 

of I = 4.7142 [glucose] – 0.1084 and correlation coefficient of 0.9994, detection limit of 

26 µM, and sensitivity of 4.7 µA/mM (Figure 3.6b). Despite good correlation in glucose 

levels between blood and sweat,17 monitoring of glucose in sweat imposes an 

additional challenge, as its concentration is ~100 times lower than that found in the 

blood.18 Therefore, sweat sensing technology requires highly sensitive sensors with a 

working range in µM concentrations. The analytical performance of our wearable MPA 

patch is sufficient for the analysis of glucose in healthy individuals, who have glucose 

levels in the range of 3.6 to 6 mM in blood, and 36 to 60 µM in sweat.1 For diabetic 

patients who suffer hyperglycemic episodes, their blood glucose levels can reach 7.8 

mM and higher,19 or 78 µM in sweat. After illustrating the performance of MPA sensing 

patch in artificial sweat, the detection of glucose in real human sweat was performed. 

These measurements were performed before and after meal consumption, which was 

expected to trigger a conspicuous increase in blood glucose levels.8 In order to clearly 

see the change in the glucose levels after meal consumption, the human subject 

fasted for ~8 h. Measurements were performed 30 min before the meal, immediately 

after the meal, and every 30 min during 2 h time after the meal. Glucose levels were 

measured from both sweat (using MPA sensing patch) and blood (using commercially 

available glucometer).  

Figure 3.6c shows the current response of MPA sensing patch recorded from 

sweat at different time intervals. The lowest glucose level of ~0.022 mM was observed 

during the fasting period and no significant change was observed immediately after 

the meal consumption. 30 min later, the concentration increased sharply to ~0.083 
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mM and at 60, 90, and 120 min after the meal consumption, the concentration 

decreased to 0.054, 0.045, and 0.042 mM, respectively, as shown in Figure 3.6d. Inset 

of Figure 3.6c shows the amperometric response of MPA sensing patch during the 

glucose measurements in human sweat. The comparison between sweat glucose and 

blood glucose levels measured with MPA sensing patch and glucometer, respectively, 

is shown in Figure 3.6d. These results indicate that there is a lag time between the 

changes observed in the and in the sweat glucose levels. This lag time is related to 

the time it takes for glucose to diffuse from blood vessels through the capillary walls 

to the ISF, which is approximately 15 to 20 min. 8,20 Then, glucose may be excreted to 

the skin surface via sweat glands. Overall, the results presented in Figure 3.6 

demonstrate that MPA sensing patch is a highly promising platform to be used as a 

wearable patch (Figure 3.6e and 3.6f) for noninvasive epidermal glucose monitoring 

using sweat. 
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Figure 3.6: a) Amperometric response of MPA sensing patch on the consecutive 

additions of glucose in artificial sweat at an applied potential of -0.15 V (inset of a: 

zoom in of amperometric response of MPA patch to 50 µM and 100 µM glucose). b) 

Calibration curve of MPA patch in artificial sweat (SD of n=3). c) Current plot of MPA 

patch response to the glucose from human sweat at different time intervals (inset of c: 

amperometric curves of MPA patch recorded in human sweat (SD of n=3)). d) 

Comparison of glucose concentration measured in human sweat using MPA patch 

and in blood using commercially available glucometer at different time intervals (SD of 

n=3). e) and f) photographs of glucose sensing patch applied on the skin.          
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3.4 Conclusions 

A wearable sensing patch for glucose monitoring from human sweat was 

developed using a MPA sensing patch composed of reference, counter, and working 

electrodes. This approach enabled noninvasive monitoring of glucose in sweat with 

high sensitivity of 4.7 µA/mM, low detection limit of 26 µM, and wide linear range of 50 

µM to 1.4 mM. The glucose-sensing patch was tested using human sweat where 

glucose levels were successfully measured before and after meal consumption. 

Furthermore, measured glucose levels from sweat correlated very well with blood 

glucose levels measured using a commercial glucometer and also showed the lag 

time, of ~30 min., required for the blood glucose to reach the sweat. The developed 

MPA wearable sensing patch did not just provide excellent analytical performance, but 

also provided physical protection to the immobilized glucose oxidase enzyme from 

leaking from the electrode surface due to the induced friction between skin and the 

sensors surface. Also, MPA provided easy flow of the sweat towards the inner parts 

of the electrode creating an efficient sensing environment and thus enhancing the 

analytical performance. This study provided an alternative solution to the challenges 

faced by wearable technology regarding the damage of the sensor microenvironment 

induced by friction between skin and sensor’s surface.        
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4.1 Introduction 

Transdermal wearable biosensors have received a growing worldwide attention 

since they promise to bring us one step closer to implementing personalized and 

precision medicine through continuous monitoring of health conditions.1,2 The skin, as 

the largest organ of a human body, has multiple essential roles like maintaining the 

homeostasis, protecting the underlying organs against injuries, preventing the loss of 

excessive amount of fluid, sensing the external stimuli, etc.3 The skin is composed of 

three main layers, starting with the epidermis, which is the outermost layer with a 

thickness that varies depending on the part of the body  (e.g. forearm thickness is 36 

to 61 µm);4 continuing with dermis, with a thickness ranging between 500 to 2000 µm; 

and finally, the hypodermis. The lower part of the dermis and hypodermis contain 

nerve bundles and blood vessels, while the epidermis lacks both.3 The interstitial 

space is the area surrounding parenchymal cells, vascular and lymphatic capillaries 

and it is filled with interstitial fluid (ISF). ISF carries nutrients from blood vessels to the 

cells, and also waste components from cells to the lymph vessels. It is, therefore, a 

composition of serum and cellular materials such as ions, proteins, and metabolites.5,6 

Due to the similarity of ISF constituents to the ones found in blood serum and plasma, 

ISF can be used to monitor important biomarkers for disease diagnostics and 

management, including glucose. The similarity in composition between ISF and blood 
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serum and plasma has been demonstrated in several studies.7,8 This is particularly the 

case for low molecular weight species (e.g., Na+, K+, glucose) where the fast diffusion 

of small and polar molecules through capillary walls is driven by the increased 

pressure in blood capillary compared to ISF.6 Specifically for glucose at equilibrium, 

data comparison between commercial glucometers sampling ISF and blood indicates 

nearly identical concentrations.8 For larger molecules, a filtering effect may occur. 

Regardless, 93% of the proteins found in ISF are also found in both plasma and 

serum.7  

Recent research activities in wearable biosensors have focused on addressing 

epidermal sensing from perspiration because sweat is the easiest accessible body 

fluid and it is rich in different metabolites and electrolytes.9-12 However, this type of 

biosensors faces various limitations such as low and inconsistent sweat production 

rates, sample evaporation, contamination with exogenous compounds such as 

cosmetics, etc.2,5 For this reason, transdermal monitoring via individual microneedles 

(MN) or microneedle arrays (MNA) that target ISF or peripheral blood may overcome 

some of the challenges presented by sweat biosensors.1,13-16 MN are the downsized 

form of conventional hypodermic needles, which can be fabricated from a variety of 

materials with different sizes, shapes, and array densities.17 MN are minimally invasive 

compared to hypodermic needles, enabling painless needle insertion into the skin and 

providing a large surface area of interaction.18-20 Their tunable dimensions and 

shapes, including length, sharpness, and density, facilitate the design of MNs that 

target different depths of epidermal and dermal layers without stimulation of dermal 

nerves thus not causing pain or discomfort.21 Several MN designs have been 

employed for continuous glucose monitoring, including solid, hollow and porous 

MNA.22 Hollow and porous MNA may enhance fluid collection, but the manufacturing 
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process and the integration with fluid collectors can be complicated. Solid MNA, 

however, are easier and cheaper to fabricate. They can be used in direct contact with 

bodily fluids, exploiting their large surface area. This is particularly beneficial when 

MNA act as sensing transducers. Indeed, MNA coated with conductive layers can be 

used as efficient electrodes for continuous glucose monitoring using electrochemical 

methods. Up to date, different types of materials have been used for MN-based 

electrochemical glucose biosensors such as stainless steel coated with Pt,23 porous 

Au,24 3D-printed E200acryl,25 conductive polymer,26 etc. Silicon is a desirable material 

used for MN fabrication due to its biocompatibility, high rigidity and mechanical 

strength that increases skin penetration and prevents MN to break and accumulate 

inside the skin causing an immune response or other related health problems.21 The 

elastic modulus of Si ranges from 50 to 180 GPa,27 which is more than enough to 

withstand the force needed to pierce the skin.  

The present work demonstrates the application of a MNA patch for the 

transdermal monitoring of glucose. Glucose is an important biomarker, and the 

monitoring of its levels is the gold standard in the management of diabetes. Typically, 

diabetic patients use a finger-prick test that measures the levels of blood glucose to 

help them regulate the insulin intake. The normal physiological blood glucose level 

ranges from 3.6 to 6.0 mM. Persistent irregularities in these levels can cause damage 

to large and small blood vessels, and subsequently, cardiovascular, nephrotic, ocular, 

neurotic, and pulmonary system disorders.28,29 The pain and discomfort faced during 

long-term repetitive (up to ten times a day for type 1 diabetes sufferers) finger-prick 

tests can deter the patients from being tested on a regular basis. In addition, the lack 

of care with the sterilization process can cause infection.30 Research on alternative 

technologies to avoid the aforementioned problems and provide patients with more 
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convenient user-friendly glucose monitoring is ongoing. Sampling of ISF instead of 

blood has emerged as powerful minimally invasive method, given that glucose 

concentration in ISF reflects the exact concentration found in blood, with minimal lag 

time (5-15 min).6,31,32 

In this chapter, for the first time, we report a MNA sensing patch containing high-

density Si MN and its application to the electrochemical transdermal monitoring of 

glucose. This MNA system provides a large surface area to interface transdermal ISF 

without reaching nerve terminations. The glucose sensing patch combines in a 3D-

printed holder a three-electrode system consisting of a reference, a working and a 

counter electrode, all made of Si MNAs (Figure 4.1a-f). The surface of the Si MNA was 

initially coated with a thin layer of gold (Au-Si-MNA) and subsequently modified to 

conjugate dendrimers containing a redox mediator (ferrocene-cored 

poly(amidoamine) dendrimer, Fc-PAMAM) and the catalytic bioreceptor glucose 

oxidase (GOx), as illustrated in Figure 4.1g. Skin penetration tests were performed to 

test the ability of MNA to pierce the skin and reach the ISF-rich layers. Glucose 

detection and quantification analysis were first carried out using amperometric 

measurements in vitro, which demonstrated the high sensitivity and selectivity of the 

MNA system, along with good stability and a linear current response. Furthermore, the 

in vivo application of the glucose sensing patch using mice, as proof of concept, 

demonstrated the ability of the biosensor to detect an increase in ISF glucose 

concentration initiated by external injection of a glucose bolus. The results obtained 

from monitoring ISF glucose levels in mice showed a very good correlation with the 

blood glucose values recorded with a commercial glucometer. The developments 

herein described will contribute to the advancement of minimally invasive transdermal 
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devices, which promise to improve the management of diabetes and the patients’ 

quality of life. 

 

4.2 Experimental Section 

4.2.1 Materials and Instrumentations  

Glucose oxidase from Aspergillus Niger, D-(+)-glucose, potassium 

hexacyanoferrate (III), potassium hexacyanoferrate (II) trihydrate, 1-ethyl-3-[3-

dimethylaminopropyl] carbodiimide hydrochloride (EDC), N-hydroxysuccinimide 

(NHS), 2-(N-morpholino) ethanesulfonic acid hydrate (MES), 3-mercaptopropionic 

acid, 2-mercaptoethanol, uric acid, ascorbic acid, 4-(2-hydroxyethyl)-1-

piperazineethanesulfonic acid (HEPES), KCl, MgSO4, NaCl, CaCl2, NaOH, sodium 

salt, sucrose, hydrogen peroxide (H2O2), rhodamine-labeled dextran dye, and 

glutaraldehyde were purchased from Sigma Aldrich Chemical Co. Disodium hydrogen 

phosphate and sodium dihydrogen phosphate monohydrate were purchased from 

Merck. Hydrochloric acid and sulfuric acid were purchased from J.T. Baker, and 

ammonia solution was obtained from AJAX. All chemicals were of analytical grade and 

were used without further purification. Aqueous solutions were prepared using Milli Q 

water (18.2 MΩ cm at 25 °C). Ferrocene-cored poly(amidoamine) dendrimers were 

synthesized as previously reported.47 

Electrochemical measurements were carried out using an electrochemical 

analyzer CHI 650E (CH Instruments, USA). The Objet Eden 260V 3D printing system, 

O2 plasma IoN Wave 10 Plasma Asher (PVA TePla), and AC/DC sputtering instrument 

Intlvac Nanochrome were used in patch fabrication process.  A field-emission gun 

scanning electron microscope (FEG-SEM) (FEI NovaNano SEM 430) was used for 

morphological analysis of MN. Confocal imaging was carried out by Nikon A1Rsi. 
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XPS analysis was performed using either an AXIS Ultra DLD or an AXIS Nova 

spectrometer (Kratos Analytical Inc., Manchester, UK) with a monochromated Al Kα 

source at a power of 180 W (15 kV × 12 mA), a hemispherical analyzer operating in 

the fixed analyzer transmission mode, and the standard aperture (analysis area: 0.3 

mm × 0.7 mm). The total pressure in the main vacuum chamber during analysis was 

typically between 10-9 and 10−8 mbar. Data processing was performed using CasaXPS 

processing software version 2.3.15 (Casa Software Ltd., Teignmouth, UK). All 

elements present were identified from survey spectra. The atomic concentrations of 

the detected elements were calculated using integral peak intensities and the 

sensitivity factors supplied by the manufacturer. Binding energies were referenced to 

the C 1s peak at 285 eV (aliphatic hydrocarbon). 

 

4.2.2 MNA Fabrication and Preparation of MNA Glucose Sensing 

Patch 

MNA were fabricated by UV-photolithography and DRIE (Plasmalab 100 

ICP380) of mono-crystalline <100> Si wafers. First, AZ 40XT photoresist 

(MicroChemicals) was spin coated onto the Si wafer and baked according to 

manufacturer instructions. The Si wafer was pre-patterned via UV exposure using a 

chromium mask. The photoresist was developed in AZ 726 MIF (MicroChemicals) after 

which clear hexagonal arrangement of patterns 60 µm in diameter and 110 µm 

separation could be observed.  The DRIE etching process consisted of three steps. 

First, the pre-patterned Si wafer was etched via controlled pseudo-Bosch anisotropic 

etching mixing SF6 and C4F8 gases. A standard Bosch anisotropic process was 

subsequently performed until the desired height was obtained. Finally, in order to 

sharpen the tip and remove the remaining resist, a second pseudo-Bosch anisotropic 
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etching was performed.  The resulting Si-MNA arrays had length of approximately 250 

µm, a base diameter of ~50 µm and a sharp tip with ~2 µm diameter.  

The glucose sensing patch is designed as a three-electrode system, where 

each electrode is made of MNA. The Si-MNA substrate sits in a holder made by 3D 

printing technology (Figure 4.1a), using the Objet Eden 260V 3D printing system and 

Full Cure 720 (FC720) high-resolution, rigid and translucent printing material. After the 

fabrication, the 3D printed holder was immersed in 20% NaOH solution in order to 

remove the remaining printing residues. If not completely removed, this supporting 

material will decrease the adhesion of Au and subsequently have a negative effect on 

the biosensor performance. Next, the Si-MNA substrate was attached to the 3D printed 

holder using fast curing adhesive glue (Figure 4.1b). In the next step, a thin film of Au 

was deposited using an AC/DC sputter coater (Figure 4.1c). Prior the Au deposition, 

Si-MNA electrode were cleaned with O2 plasma (180 W) using an IoN Wave 10 

Plasma Asher for 1 min after which it was placed in the AC/DC sputtering instrument 

(Intlvac Nanochrome AC/DC) containing Cr and Au targets powered by dual AC and 

DC power supplies for Cr and Au, respectively. First, 15 nm of Cr was deposited using 

dual AC with power of 300 W, which served as an adhesive layer for the subsequent 

Au layer. 150 nm of Au was deposited using DC with target voltage of 100 V. During 

the deposition of both Cr and Au layers, the chamber vacuum and the sample rotation 

were kept at constant 1.95 mTorr pressure and 100 rpm, respectively. The resulting 

Au-coated electrodes are referred as Au-Si-MNA. After the sputtering process, a sticky 

tape test was performed on Au-Si-MNA electrode in order to assess the adhesion of 

the Au layer. An insulating ink was applied on some parts of the Au-coated 3D holder 

(Figure 4.1d) in order to confine the source of the electrochemical signal only to the 

MNA region. The aforementioned electrode preparation procedure was used for the 
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fabrication of the working and counter electrodes. The procedure for the reference 

electrode involves one extra step which is drop-casting an AgCl ink on the Au-Si-MNA 

surface and drying it at 60 °C for 30 min. Finally, the Au-Si-MNA electrodes were 

assembled into a single three-electrode glucose sensing patch (Figure 4.1e) suitable 

for the electrochemical measurements as well as in vivo application (Figure 4.1f).  

Prior to functionalization of the working electrode, the Au-Si-MNA surface was 

thoroughly rinsed with ethanol and acetone in order to remove any remaining 

impurities and/or organic contaminants from the electrode surface. Next, the Au-Si-

MNA was immersed in preheated base Piranha solution prepared using 20% ammonia 

solution, distilled water (dH2O), and 35% H2O2 for 1 min at 80 °C, and then thoroughly 

rinsed with dH2O.48 Surface functionalization (Figure 4.1g) was performed by 

incubating the Au-Si-MNA electrode in 2 mM 3-mercaptopropionic acid overnight, 

allowing self-assembling of thiol groups on the Au surface. Further on, the electrode 

was thoroughly rinsed with dH2O and the backfilling of any exposed Au surface was 

achieved by immersing the electrode into 2 mM 2-mercaptoethanol solution for 30 min. 

In the next step, the electrode was incubated for 45 min in a mixture of 1:1 10 mg mL-

1 EDC and 15 mg mL-1 NHS solution, both prepared in 10 mM MES buffer pH 5. The 

Au-Si-MNA electrode was then immersed in 10 mM Fc-PAMAM solution prepared in 

10 mM PBS, for 4 h. Subsequently, the electrode was thoroughly rinsed with dH2O 

and incubated in 2.5% glutaraldehyde for 45 min. In the final step, the functionalized 

Au-Si-MNA/Fc-PAMAM electrode was immersed in 15 mg mL-1 GOx solution prepared 

in 10 mM PBS and left overnight at 5 °C. Finally, before proceeding with 

electrochemical measurements, the Au-Si-MNA/Fc-PAMAM/GOx electrode was once 

again rinsed with dH2O to remove unbound GOx. When not in use, Au-Si-MNA/Fc-

PAMAM/GOx electrodes were stored in 10 mM PBS at 5 °C. 
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Figure 4.1: Schematic illustration of Au-Si-MNA electrode preparation. a) Si-MNA and 

3D printed holder, b) Si-MNA substrate attached to the 3D printed holder, c) sputter 

deposition of a thin film of Au, d) insulating ink application, and e) three-electrode 

sensing patch with Au-Si-MNA as working (W) and counter (C) electrodes and 

reference (R) electrode with Au-Si-MNA coated with AgCl ink. f) Schematic of the 

three-electrode MNA patch penetrating the skin and interfacing the epidermis and 

dermis. g) Schematic illustration of modification of W electrode; (a) Au layer, (b) self-

assembled monolayer of 3-mercaptopropionic acid and 3-mercaptoethanol, (c) 

EDC/NHS activation, (d) Fc-PAMAM immobilization, (e) glutaraldehyde, and (f) 

glucose oxidase enzyme immobilization.   
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4.2.3 In Vivo Testing of the MNA Glucose Sensing Patch 

In vivo testing of the three-electrode system glucose sensing patch was 

performed on mice anesthetized through inhalation of 1.2% isoflurane in 2 L min-1 O2. 

Hair on the dorsal side of the mice was shaved off using hair removal cream (Nair) 

and the shaved area was thoroughly cleaned with dH2O. Later, the MNA sensing 

glucose patch (Figure 4.1e) was applied onto the dorsal side of the mouse skin by 

thumb pressure and then the electrochemical signal was recorded. In vivo 

electrochemical measurements were performed by recording the amperometric signal 

under 0.35 V applied potential before and after intramuscular injection of 120 µL of 30 

wt% glucose solution. In parallel, the glucose level in mouse blood was measured 

using a commercial glucometer (CareSens N). The blood glucose level values 

obtained from both glucose patch and glucometer were compared. The experimental 

protocol was approved by the Animal Ethics Committee of Monash University, which 

was conducted in accordance with the guidelines of the National Health and Medical 

Research Council (NHMRC) of Australia.   
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4.3 Results and Discussion 

4.3.1 Morphological Characterization of MNA and Skin Penetration 

Test 

The three-electrode system for transdermal glucose monitoring was 

constructed by using silicon MN. We aimed to produce high density MNA patches 

(9500 needles cm-2) consisting of high aspect ratio, sharp-tipped, vertical projections 

that enable access to ISF from the epidermis and superficial dermis. Si-MNA were 

fabricated from crystalline silicon wafers by combining UV-photolithography and deep 

reactive ion etching (DRIE). Silicon was selected as base substrate material due to its 

versatility for microfabrication, convenient mechanical properties and favorable 

biocompatibility. Despite its excellent semiconducting properties, the electronic 

properties of silicon are not suitable for its application as electrochemical transducer. 

Not only does the intrinsic bandgap hinder the electron transfer, but the native silicon 

oxide layer acts as an electrical insulator. Therefore, in order to improve their 

transducing behavior, Si-MNA were coated with a thin film of sputtered gold of a 

thickness of 150 nm. Morphological characterization of Au-Si-MNA was carried out by 

means of scanning electron microscopy (SEM). Figure 4.2a-d show SEM micrographs 

of Au-coated Si needles with detailed morphological features. Micrographs of top 

(Figure 4.2a) and tilted (Figure 4.2b) views show well-ordered MNA in hexagonal 

arrangement with a density of ~9500 microneedles cm-2, where the space between 

two adjacent cone centers is ~110 µm. A cross section image of MNA (Figure 4.2c) 

reveals a height of ~250 µm, with a base diameter of ~50 µm. At increased 

magnification, the sharpness of individual needle tips of ~2 µm diameter was apparent 

(Figure 4.2d). The sharpness of the presented MNs is ideal for the painless penetration 

of the skin whereas the shape, size and density of the MNA are all suitable for the 
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analysis of epidermis and dermis layers without puncturing blood vessels or damaging 

nerve bundles.33 This MNA was used for the preparation of the three-electrode system 

glucose sensing patch. Furthermore, to demonstrate that MN can successfully and 

uniformly penetrate the skin, the MNA was applied to porcine skin by finger pressing. 

To check the effectiveness of skin penetration, before applying to porcine skin, the 

MNA was spin-coated with rhodamine-labeled dextran dye (Figure 4.2e) and left to dry 

for 24 h. As shown in Figure 4.2f, the MNA generated uniform pores on the surface of 

the porcine skin in an arrangement that matches those of the original MNA patch. 

 

 

 

Figure 4.2: SEM micrographs of Au-Si-MNA; a) top view, b) tilted view, c) cross 

section, and d) magnified tip area (black square) of MNs shown in C. Confocal 

microscopy images of e) MNA after coating with rhodamine-labeled dextran dye and 

f) porcine skin after MNA application.   
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4.3.2 Electrochemical Characterization of MNA Glucose Sensing 

Patch  

The electrochemical characterization of the gold coated MNA glucose sensing 

patch was performed using cyclic voltammetry (CV) and electrochemical impedance 

spectroscopy (EIS). The first CV in 0.5 M H2SO4 solution was carried out using Au-Si-

MNA and flat Au-Si as working electrodes. This step is commonly performed as an 

electrochemical cleaning of the Au surface but is also used for surface characterization 

and determination of surface area.34 Figure 4.3a shows the obtained CVs, where the 

oxidation peaks of the deposited Au layer can be observed between 0.93 V and 1.20 

V, and the reduction peaks between 0.7 V and 0.9 V potential range. The charge of 

the reduction peaks can be used to calculate the active surface area of the electrodes, 

assuming that 390 μC cm-2 is required for Au reduction.34,35 The inset for Figure 4.3a 

compares the active surface area of the Au-Si-MNA and flat Au-Si electrodes for a 

geometric area of 0.22 cm2. The former has an active area of 0.97 cm2, about 3 times 

that of the latter (0.33 cm2). 

Further electrochemical characterization was carried out to monitor the surface 

modifications of Au-Si-MNA working electrode with Fc-PAMAM and GOx as the 

biological recognition element. The functionalization of MNA towards glucose sensing 

includes the formation of a self-assembled monolayer (SAM) of 3-mercaptopropionic 

acid to generate a carboxylic acid-terminated surface. Upon activation of –COOH 

groups, the –NH2-terminated Fc-PAMAM was covalently bound to the surface. Then, 

GOx was attached to the surface using glutaraldehyde as the crosslinking molecule. 

Figure 4.3b shows the CVs corresponding to each electrode modification step starting 

with bare Au-Si-MNA electrode where no oxidation-reduction peaks were observed. 

After the immobilization of Fc-PAMAM on the Au-Si-MNA and flat Au-Si electrodes, an 
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oxidation and a reduction peak appeared at 0.45 V and 0.35 V, respectively, as a result 

of the redox activity of the Fc core of the dendrimers. A difference in the intensity of 

the redox peaks of Au-Si-MNA and flat Au-Si electrodes both modified with Fc-PAMAM 

was observed. The Au-Si-MNA electrode exhibited a current peak intensity ~3 times 

higher than that of the flat Au-Si electrode. This is consistent with the larger surface 

area exhibited by the MNA (see Figure 4.3a) that results in more available sites for Fc-

PAMAM immobilization. The intensity of Fc current peaks drastically decreased when 

GOx enzyme was immobilized onto Fc-PAMAM, as expected and as a result of the 

shielding effect of GOx on the Fc molecules. Figure S4.1 illustrates the CVs obtained 

at different scan rates ranging from 10 mV s-1 to 500 mVs-1 using the Au-Si-MNA/Fc-

PAMAM working electrode. As the scan rate increased, oxidation-reduction peaks of 

Fc also increased, indicating a quasi-reversible process. The inset for the Figure S4.1 

depicts the anodic and cathodic peak currents versus the square root of the scan rate 

where the linear increase of both peak currents supports the diffusion-controlled 

electron transfer property of the Au-Si-MNA/Fc-PAMAM electrode. Further 

characterization was performed by means of EIS recorded in a redox probe 

K4Fe(CN)6/K3Fe(CN)6 (5 mM, 1:1 ratio) in 0.1 M KCl. Figure 4.3c shows the Nyquist 

plots obtained using bare Au-Si-MNA (a), flat Au-Si (b), and Au-Si-MNA modified with 

Fc-PAMAM (c), and GOx (d), as working electrode. The EIS data were fitted using a 

Randles electrical equivalent circuit model (see inset of Figure 4.3c) composed of Rc 

representing resistance of all connections and electrolytes, capacitance (C), the 

charge transfer resist (Rct), and Zw, the Warburg impedance. According to the results 

plotted in Figure 4.3c, the charge transfer resistance (Rct) was 19±1.6 Ω and 345±13 

Ω when using a bare Au-Si-MNA and a flat Au-Si, respectively, as working electrodes. 

After the immobilization of Fc-PAMAM, Rct increased to 1220±87 Ω and after GOx 
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immobilization, the Rct increased to 6170±350 Ω. Both EIS and CV results confirm 

successful immobilization of Fc-PAMAM and GOx enzyme on the Au nanolayer 

surface. 

X-ray photoelectron spectroscopy (XPS) was employed to further characterize 

the stepwise surface modifications of the Au-coated electrodes. The results are 

summarized in Table S4.1. Gold was detected at every step, with a clear trend of 

decreasing Au/C ratio in each step of the functionalization process; this is consistent 

with the modification of the electrodes, indicating the presence of an organic layer of 

increasing thickness on the gold surfaces. The modification of pre-cleaned gold 

surface with –COOH terminated alkanethiols after formation of SAMs was confirmed 

by the S/C ratio, which increased from 0.027 to 0.093. Additionally, we observed a 

significant increase in the O/C ratio after SAM modification (from 0.186 to 0.362). The 

analysis of the C 1s high-resolution spectrum of SAM modified Au-coated electrodes 

confirmed a main peak centered at ~285 eV (component C1), which was assigned to 

the aliphatic carbons of the alkyl chains (Figure 4.3d). The formation of a SAM was 

further evidenced by the peak observed at ~289 eV (C4), which was assigned to the 

carboxyl group of the SAM, with the corresponding ratio of C4/C increasing from 0.038 

to 0.125.36 The immobilization of the Fc-PAMAM was confirmed by the increase in the 

N/C ratio (from 0.021 to 0.182) and by the presence of Fe (Fe/C ratio of 0.070). A 

significant change in the C 1s spectrum can be observed after the attachment of the 

Fc-PAMAM dendrimer to the EDC/NHS activated Au-SAM surface. The main peak at 

285.0 eV (C1) was attributed to aliphatic carbon atoms of the alkyl chains in the SAM 

and the PAMAM. The higher binding energy peak centered at ~288 eV (C3) can be 

ascribed to the amide groups of the PAMAM dendrimers and the newly formed bond 

between the –COOH terminated SAM and the –NH2 functional PAMAM (C3/C ratio 
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increased from 0.048 to 0.100).36 The peak at 286.5 eV (C2 component) was mostly 

attributed to the carbon singly bonded to an amide nitrogen (−CH2−NH−C=O) and 

represented by the C2/C ratio, which increased from 0.114 to 0.285.37 The attachment 

of GOx was evident from the decrease in the Au/C, S/C and Fe/C ratios. The O/C and 

N/C ratios remained comparable before and after GOx immobilization; this can be 

explained by the similarity of chemical structures of the Fc-PAMAM dendrimer and the 

glucose oxidase for XPS – except for the presence of Fe.38 After GOx immobilization, 

the main peak at ~285 eV was still assigned to aliphatic carbon, present in the SAM, 

PAMAM and GOx. A significant increase in the higher energy peaks was observed, 

which is consistent with the presence of amide bonds in the immobilized biomolecule: 

a peak at ~286.5 eV was attributed to C–N and C–O based bonds (C2/C increased 

from 0.285 to 0.337), while the peak at ~288 eV was due to N-C=O bonds of peptide 

moieties of the enzyme (with C3/C increasing from 0.100 to 0.124).36,38 
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Figure 4.3: Electrochemical characterization of Au-Si-MNA electrode. a) CV plots of 

Au-Si-MNA (a) and flat Au-Si (b) electrodes recorded in 0.5 M aqueous H2SO4 solution 

(inset: histogram showing comparison of (a) measured surface area, and calculated 

active surface area of (b) Au-Si-MNA, and (c) Flat Au-Si electrodes. (SD, n=3)), b) CV 

plots of Au-Si-MNA, Au-Si-MNA and flat Au-Si modified with Fc-PAMAM, and Au-Si-

MNA/Fc-PAMAM/GOx electrodes recorded in 0.1 M PBS (pH 7.4), c) impedance 

spectra of Au-Si-MNA (a), flat Au-Si (b), Au-Si-MNA/Fc-PAMAM (c), and Au-Si-

MNA/Fc-PAMAM/GOx (d) (insets: zoom in of impedance spectra of Au-Si-MNA (a) 

and flat Au-Si (b) and Randles equivalent circuit used from impedance data fitting). d) 

XPS high resolution spectra of the C 1s obtained after each functionalization step: pre-

cleaned gold (a); SAM modification (b); immobilization of Fc-PAMAM (C); and 

immobilization of GOx (d). 
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4.3.3 Biosensor Optimization and Glucose Detection  

The optimization of the electrochemical performance of the MNA glucose patch 

was performed by measuring the amperometric response to 2 mM glucose, with an 

applied potential of 0.35 V, in buffered solutions of different pH and testing various 

temperature conditions. The current response to glucose is represented as a relative 

response (%) with 100% being the maximum obtained response. We first investigated 

the effect of the pH of the measuring solution on the response of the MNA patch to 2 

mM glucose in buffer solutions with pH values ranging from 6.2 to 8.2 (0.1 M PBS). 

Free GOx enzyme operates under a relatively broad pH range (pH 4 to 7) and its 

optimum working pH is 5.5,39 yet after enzyme immobilization its optimum pH can 

change.40 According to the results represented in Figure S4.2, there was no significant 

response to glucose at pH 6.2. With the increase of pH, response to glucose also 

increased reaching its maximum at pH 7.4. A further increase in pH resulted in 

decreasing sensor performance. Therefore, the optimum working pH for the MNA 

glucose sensing patch was found to be 7.4, which is also seen for various reported 

glucose biosensors.41-44 The effect of temperature on the performance of the MNA 

glucose sensing patch was investigated in order to determine whether the transducer 

or the MNA are temperature sensitive. Sensing was carried out in 0.1 M PBS (pH 7.4) 

with 2 mM glucose over the range of 25 °C to 55 °C. The recorded amperometric 

response of the biosensor to glucose, represented in Figure S4.3, slightly increased 

from 25 °C to 35 °C, with a maximum at 35 °C.  At higher temperatures, the response 

drastically decreased with the increase in temperature, which can be due to the 

denaturation of GOx enzyme. Thus, the optimum working temperature for the MNA 

glucose sensing patch was 35 °C. These results are especially important since the 

skin temperature of the arm and trunk varies between 32.5 and 35.5 °C, and 34 to 
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36.3 °C, respectively.45 Furthermore, the reusability of the sensing patch was studied. 

Experiments were performed in 0.1 M PBS by measuring the sensor response to 2 

mM glucose for 10 consecutive times using the same patch (Figure S4.4). The MNA 

glucose sensing patch was thoroughly rinsed with PBS and the testing solution was 

replaced with fresh glucose and PBS after each measurement. The biosensor kept 

95% of its initial response during the first five consecutive measurements. Then, the 

response slowly decreased to 80% after ten measurements. The MNA glucose 

sensing patch exhibits good reproducibility and accuracy towards glucose during the 

first five measurements. However, the biosensor would require slight recalibration if 

used for long-term continuous measurement.   

The selectivity of the glucose biosensor is important, especially when working 

with ISF due to the potential interference of electroactive molecules present in ISF 

such as uric acid (UA) and ascorbic acid (AA). In order to minimize interference, Fc 

was integrated into the enzyme immobilization matrix as redox mediator. This 

molecule did not just serve as an electron carrier between the enzyme active site and 

the electrode, but also allowed to decrease the required working potential of the 

glucose patch. The use of a high working potential can lead to oxidation of interfering 

electroactive compounds on the electrode surface leading to a false positive response. 

For this reason, we conducted an interference study with the MNA glucose sensing 

patch using 2 mM glucose and 0.1 mM AA, UA, dopamine (DA), lactic acid (LA) and 

glycine (gly) as interfering species. AA, UA, DA and LA are some of the most important 

potential interferences present in ISF because of their ability to oxidize at certain 

applied potential on the electrode surface, thus affecting the sensors response. As 

seen in Figure 4.4a, 0.1 mM of AA, UA, DA, LA, and gly had no significant effect on 

the electrochemical signal of the glucose patch. The optimization of the working 
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conditions shows that the MNA glucose patch exhibits a suitable performance for 

transdermal glucose measurements in relevant physiological pH and temperature. 

Additionally, the interference study data demonstrate the absence of significant 

interference from physiologically relevant species found in blood and/or ISF.  

The analytical performance of the MNA glucose patch was validated in PBS 

(0.1 M pH 7.4) and in artificial ISF (aISF) (pH 7.4). The working potential of MNA 

glucose patch is dictated by the mediator and how it is tethered to the PAMAM 

dendrimers (Fc-PAMAM). Figure 4.4b shows the chronoamperometric plot obtained 

from the response of the MNA glucose patch to increasing concentrations of glucose 

prepared in 0.1 M PBS. The biosensor exhibits a well-defined response to glucose in 

PBS having a linear dynamic range from 1 to 11 mM with a sensitivity of 0.58 µA mM-

1 cm-2, a detection limit of 0.45 mM and a correlation coefficient of 0.9996 (Figure 4.4d). 

Since the MNA glucose patch will be used for transdermal glucose analysis from ISF, 

it is important to examine the performance of the biosensor in an environment similar 

to ISF. For this experiment, we used artificial ISF (aISF) prepared in dH2O using 10 

mM HEPES, 123 mM NaCl, 7.4 mM saccharose, 2.2 mM CaCl2, 3.5 mM KCl, 0.7 mM 

MgSO4, and 1.5 mM NaH2PO4 with pH adjusted to 7.4.24,46 Figure 4.4c shows the 

chronoamperometric plot obtained from the response of the MNA glucose patch to 

increasing concentrations of glucose prepared in aISF. The linear response of the 

biosensor is characterized with a sensitivity of 0.1622 µA mM-1 cm-2, a linear range 

and a detection limit of 1 to 9 mM and 0.66 mM (with a correlation coefficient of 0.9995), 

respectively. Notice that the glucose concentration found in ISF of healthy individuals 

ranges from 3.6 to 6 mM.2 The limit of detection is well below harmful hypoglycemic 

levels (<3.0 mM) that should trigger immediate action from the patient. The sensitivity 

of our MNA system is such that it allows the detection of µM variations in glucose 
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levels. When compared to other reported MNs-based glucose sensors (Table S4.2), 

the sensitivity of our biosensor is one of the best, despite the low applied potential. 

This can be attributed to the use of Fc mediator and high surface area of the high 

density MNA.  The observed differences in the sensor response (Figure 4.4d) in PBS 

and aISF are attributed to the different composition of the testing solutions. Although 

the complexity of the aISF affected enzyme activity, the sensing performance obtained 

in aISF was deemed sufficient to perform in vivo testing where we aim to observe an 

increase in the glucose concertation after intramuscular injection of glucose solution.   
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Figure 4.4: a) Interference study using 2 mM glucose and 0.1 mM AA, UA, DA, LA, 

and gly in 0.1 M PBS, pH 7.4 at applied potential of 0.35 V (n=3 for graph in inset). 

Chronoamperometric response of the MNA glucose patch to glucose in b) PBS (0.1 

M, pH 7.4) and c) aISF (pH 7.4), and d) calibration curves obtained in PBS (a) and 

aISF (b). (SD, n=3).  
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4.3.4 In Vivo Glucose Monitoring 

After the evaluation of the analytical performance of the glucose biosensor in 

vitro, as a proof of concept, we performed an in vivo test of the MNA glucose patch on 

mice. Prior to the in vivo measurements, mice were anesthetized and hair on the dorsal 

side of the mice was shaved off after which the MNA glucose patch was applied. Figure 

4.5b shows the three-electrode MNA glucose sensing patch composed of counter and 

reference electrodes, and a working electrode previously modified with Fc-PAMAM 

and GOx enzyme. On-mouse application of the patch was gently supported by finger 

pressure, with a force which was previously measured off-site using a weight balance 

and estimated to be 6-7 N (Figure 4.5c). The patch was left onto the mouse skin for 

the whole duration of the experiment (approximately 1 h). After removal of the MNA 

glucose patch, the resulting indentations were clearly observed with no sign of 

bleeding or inflammation (Figure 4.5d). Immediately after patch application, the 

amperometric response was recorded for 5 min at constant 0.35 V potential to ensure 

a stable electrochemical signal. The last 60 s of this recording was considered the 

baseline signal. Figure 4.5a displays the electrochemical results of on-mouse MNA 

glucose patch obtained from three mice. First, measurements were recorded for 5 min 

in order to ensure a stable electrochemical signal and at the same time to record the 

base line for 60 s before glucose injection. Then, 120 µL of glucose solution (30% w/v) 

were administered via intramuscular injection, allowing ~30 min in order for the blood 

glucose level to be reflected in the ISF and then amperometric measurements were 

performed once again. Note that the glucose concentration found in blood is similar to 

ISF, but the increase in glucose concentration in ISF has a slight lag time due to the 

low capillary density in the dermis layer and the slow metabolic activity in the epidermis 

layer.6 To validate the performance of the MNA patch, the blood glucose level of the 
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mice was recorded in parallel to the electrochemical measurements using a 

commercial glucometer. The increase in blood glucose after intramuscular injection of 

the glucose solution is not immediate, thus a conventional glucometer was used to 

monitor the change and determine the time to proceed with the electrochemical 

recording using the MNA glucose patch. The inset of Figure 4.5a shows the glucose 

concentration change (representing increase in glucose concentration after glucose 

solution injection) recorded with both the MNA sensing patch and commercial 

glucometer. From the represented results, it can be seen that ISF glucose level 

detected by the MNA patch and the blood glucose level recorded with the commercial 

glucometer have very good correlation. Even though the intramuscular injection of 

glucose solution was performed in exactly the same way for all three mice, their 

glucose levels varied slightly, possibly due to their different metabolism, difference in 

their diet and stress developed during the experimental procedure. Overall, the in vivo 

study results suggest that the glucose level in ISF detected by the MNA patch 

corresponds to the glucose level found in blood which illustrates the successful proof-

of-concept application of the glucose MNA sensing patch. In contrast to the majority 

of previously reported MNA-based glucose sensors (see Table S4.2), this study 

provides a successful demonstration of the in vivo application. We attribute this to the 

design of the MNA sensing patch and its analytical performance, which provided a 

robust sensing platform required for the in vivo measurements. Future investigations 

will focus on the continuous transdermal monitoring of glucose using MNA. 
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Figure 4.5: In vivo testing of MNA glucose sensing patch. a) Amperometric signal 

(applied potential 0.35 V) recorded during the application of the patch on mice skin 

before (a) and 30 min after (b) intramuscular injection of 120 µL of glucose solution 

(30% w/v). Optical images of b) the three-electrode system used as a patch for 

transdermal monitoring of glucose in mice, c) application of the patch on shaved mice 

skin, and d) mice skin after the application of the needles illustrating successful 

penetration. 
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4.4 Conclusions 

In this chapter, the use of a high-density MNA sensing patch for transdermal 

glucose monitoring is reported for the first time. Our MNA sensing patch enabled 

minimally invasive, in situ glucose detection from ISF without the need for extraction 

or collection. The analytical characterization of the MNA glucose patch in aISF showed 

very good selectivity, with a sensitivity of 0.1622 µA mM-1 cm-2 over a working range 

of 1 to 9 mM glucose, and a detection limit of 0.66 mM. Successful in vivo application 

of the biosensor on mouse demonstrated that the MNA patch has the ability to detect 

changes in the ISF glucose levels. Furthermore, the glucose values obtained by the 

MNA patch correlated very well with the blood glucose values obtained with a 

commercial glucometer. We believe that the proposed MNA sensing patch provides 

an alternative transdermal diagnostic tool to the invasive existing techniques. Having 

successful proof-of-concept demonstration, our future work will focus on developing a 

more compact MNA patch with the ability to target multiple biomarkers from ISF. 
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Appendices 

 

Figure S4.1: CV plot of Au-Si-MNA/Fc-PAMAM electrode at different scan rates, inset: 

anodic and cathodic peak currents versus the square root of the scan rate. 

 

Table S4.1: Atomic ratios (X/C) calculated from average elemental compositions 

based on three replicates. 

 Samples 

Atomic ratio 

(X/C) Au Au/SAM 

Au/SAM/Fc-

PAMAM 

Au/SAM/Fc-

PAMAM/GOx 

Au 1.625 ± 0.194 1.596 ± 0.069 0.436 ± 0.181 0.218 ± 0.046 

C1 0.734 ± 0.065 0.713 ± 0.024 0.596 ± 0.034 0.517 ± 0.007 

C2 0.192 ± 0.063 0.114 ± 0.023 0.285 ± 0.028 0.337 ± 0.004 

C3 0.036 ± 0.003 0.048 ± 0.009 0.100 ± 0.005 0.124 ± 0.008 

C4 0.038 ± 0.005 0.125 ± 0.008 0.019 ± 0.002 0.022 ± 0.003 

O 0.186 ± 0.018 0.362 ± 0.021 0.345 ± 0.054 0.311 ± 0.007 

N 0.042 ± 0.002 0.021 ± 0.004 0.182 ± 0.038 0.184 ± 0.010 

S 0.027 ± 0.009 0.093 ± 0.012 0.027 ± 0.011 0.015 ± 0.002 

Fe     0.070 ± 0.016 0.022 ± 0.003 



Chapter 4 

167 
 

 

 

Figure S4.2: Electrochemical response of MNA glucose sensing patch with 0.35 V 

applied potential to 2 mM glucose in 0.1 M PBS at different pH ranging from 6.2 to 8.2 

(SD n=3). 

 

 

Figure S4.3: Electrochemical response of MNA glucose sensing patch with 0.35 V 

applied potential to 2 mM glucose in 0.1 M PBS at different temperatures ranging from 

25oC to 55oC (SD n=3). 
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Figure S4.4: Reusability of the MNA-based biosensor preformed in 0.1 M PBS (pH 

7.4) with 2 mM glucose and applied potential of 0.35 V (SD n=3). 
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Table S2. A comparison of the microneedle design, analytical performance 

parameters, and real sample application of Au-Si-MNA-based glucose sensor with 

previous reports. 

 

Electrode MN 
Height  
(µm) 

MN 
Density 

(MN/cm2) 

Eapp 

(V) 
Sensitivity Tested 

interference 
Real 

sample 
Ref. 

PLA/Au/OPPy/ 
AuNPs 

500 ~22* 0.75 8.09 µA 

mM-1 

AA, Urea, 

Gly, AP 

NR 49 

GOx/Pt NPs/ 
PANI/MEA 

600 NR 0.425 NR UA, AA, 

Chol, Bil 

In vitro: 

Serum 

50 

AuMN/pTCA 700 NR 0.45 0.017 and 

0.22 

µA mM-1 

cm-2 

AA, AP, DA, 

UA, Hem, 

Cyto 

In vitro: 

Blood 

51 

Pt/MWCNTs/M
Ns 

380 ~3500* 0.4 17.73 

µA mM-1 

cm-2 

NR NR 52 

Pt/Stainless 
steel-EDOT 

680 ~250* 0.4 NR UA, AA, Cys, 

Urea, Fru 

NR 53 

Au/Pt black- 
Nafion 

650 NR 0.4 1.62 µA 

mM-1 

AA, AP In vivo: 

Rabbit 

54 

E200acryl-
BMAE 

1174 ~450* 0.4 8 nA mM-1 AA, UA, AP, 

Cys 

NR 55 

PEGDA 500 NR 0.3 18 nA mM-1 NR NR 56 

Si-Au-MNA ~250 ~9500 0.35 0.1622 

µA mM-1 

cm-2 

AA, UA, LA, 

DA, Gly 

In vivo: 

Mice 

This  

work 

Abbreviations: NR= not reported, AA= ascorbic acid, UA= uric acid, LA= lactic acid, DA= dopamine, 

Gly=glycine, AP-acetaminophen, Hem- hemoglobin, Cyto= cytochrome C, Chol= Cholesterol,  

Bil= bilirubin, Fru=Fructose, PEGDA= poly(ethylene glycol) diacrylate, Cys= cystein. 

* Calculated number of MN based on information provided in published work. 
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5.1 Introduction 

Breast cancer is the most frequently encountered malignancy affecting 

women’s health worldwide,1 with almost 2.1 million newly recorded breast cancer 

cases in 2018 alone, according to the World Health Organization (WHO).2,3 Breast 

cancer is an increasing problem worldwide, regardless of income, with an estimate of 

one new case diagnosed every 18 seconds.1 This malignancy is curable in ~70-80% 

of early stage patients with a survival rate of 80% or greater in developed countries.1 

These figures underpin the importance of prompt diagnosis to ensure appropriate 

treatment and eventually improve the patient survival rate. In least developed 

countries, the survival rate decreases to below 40% 4 which is mainly attributed to the 

lack of tools for early diagnosis at an early stage of the disease, and the possibility to 

provide the required treatment.  

Mammography, ultrasound imaging, and magnetic resonance imaging are 

among the methods commonly used for breast cancer diagnosis and to monitor its 

progression.5 In order to support these technologies which can only perform image-

based analysis localizing the cancer tissue, additional methods such as 

immunoblotting and immunohistochemistry,6 enzyme-linked immunosorbent assay 

(ELISA),7 fluorescence in-situ hybridization (FISH),8 etc. are employed to specifically 

quantify breast cancer biomarkers. Indeed, to assist better with the diagnosis and 

establishment of cancer treatment, it is recommended to screen different breast 

cancer biomarkers such as the progesterone receptor (PR), estrogen receptor (ER), 

Ki-67, and human epidermal growth factor receptor.9  

The human epidermal growth factor receptor 2 (HER2), also known as ErbB2, 

is a member of a family of human epidermal growth factors composed of ErbB1, 

ErbB2, ErbB3, and ErbB4, located on the surface of the epithelial cells.10,11 The 
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interest of using ErbB2 as a breast cancer biomarker comes from its association with 

invasive breast cancers because it is involved in the signaling pathways that activate 

proliferation, cell survival, and metastasis.1  Research data show that ErbB2 is 

overexpressed in ~20-25% of invasive breast cancers.12 Healthy individuals have 

blood ErbB2 concentrations ranging from 2 to 15 ng/mL whereas ErbB2 concentration 

in breast cancer patients is above 15 ng/mL.13,14  Shukla et al. evaluated the presence 

of ErbB2 oncoprotein in serum and tissue samples of 64 breast cancer patients using 

immunohistochemistry (IHC) and fluorescence in-situ hybridization (FISH) methods.8 

Reported results showed that ErbB2 concentrations in blood is ranging from 33.2 to 

166.6 ng/mL, and ~ 65 ± 37 ng/mL (n=26) mean value was found in tissue samples of 

patients whereas the tissue of healthy individuals contained only ~19.6 ± 7.3 ng/mL 

(n=38). 

Different technologies and sensing platforms such as nanotransistors,15 

photonic crystals,16 microfluidics,17 electrochemical biosensors,3,18,19 etc. have been 

used for breast cancer biomarker detection. However, each one of these detection 

methods faces some limitations such as requiring high-cost equipment, sample 

pretreatment, or long analysis times. Therefore, a rapid, sensitive, and minimally 

invasive device for the detection of ErbB2 is expected to be a game-changer in the 

identification and follow-up of breast cancer patients.   

This chapter describes a microneedle array (MNA)-based platform for the 

transdermal monitoring of the breast cancer biomarker ErbB2. MNA are a downsized 

form of conventional hypodermic needles which target interstitial fluid (ISF) or 

peripheral blood without causing pain or discomfort.20 Up to date, MNA have been 

used for the electrochemical detection of different analytes such as glucose,21 

lactate,22 urea,23 L-dopamine, cholesterol,24 and tyrosinase,25 either by extracting ISF 
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or a specific biomarker followed by offline analysis, or by direct on skin ISF analysis 

without need for extraction or external analysis.20 In this work, high-density silicon 

MNA (Si-MNA) are used to build sensing platform for simultaneously extraction and 

quantification of breast cancer biomarker ErbB2. The Si-MNA platform consists of 

~9500 MNs/cm2, conformally coated with a 150 nm thick gold (Au) layer, incorporated 

into a 3D printed holder to facilitate MNA application and used for extraction and 

electrochemical quantification of ErbB2 biomarker. The Au-Si-MNA electrode was 

functionalized by self-assembling of 3-mercaptopropionic acid which carboxylic 

groups were activated via carbodiimide chemistry to covalently bind anti-HER2 

antibody. The Si-MNA-based immunosensor was able to detect ErbB2 in artificial ISF 

(aISF) with a linear range from 10 to 250 ng/mL and a detection limit of 4.8 ng/mL 

which is sufficient to cover the ErbB2 concentration range in both healthy individuals 

and cancer patients. Furthermore, a skin-mimicking phantom gel simulating epidermis 

and dermis layers of the skin was used to assess penetration efficiency and ErbB2 

extraction. The Si-MNA-based immunosensor showed excellent skin model 

penetration ability as well as promising analytical performance in extraction and 

electrochemical quantification of ErbB2 biomarker. This type of technology shows 

promise for minimally invasive transdermal diagnosis and monitoring of cancer 

biomarkers and thus has high potential in early cancer detection.  
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5.2 Experimental Section 

5.2.1 Materials 

3-mercaptopropionic acid, 2-mercaptoethanol, 2-(N-morpholino)ethanesulfonic 

acid hydrate (MES), 1-ethyl-3-[3-dimethylaminopropyl] carbodiimide hydrochloride 

(EDC), N-hydroxysuccinimide (NHS), poly(ethylene glycol) (PEG) bis(amine), 

potassium hexacyanoferrate (III) (K3[FeCN6]), potassium hexacyanoferrate (II) 

trihydrate (K4[FeCN6]·3H2O), 4-(2-hydroxyethyl)-1-piperazineethanesulfonic acid 

(HEPES), NaCl, NaOH, MgSO4, CaCl2, KCl, sucrose, sodium salt, gelatin, agar, 

glycerol, insulin, and IgG from goat were purchased from Sigma Aldrich Chemical Co. 

H2O2, Na2HPO4 and NaH2PO4 were purchased from Merck. Ammonia solution was 

obtained from AJAX. H2SO4 and HCl were purchased from J.T. Baker. All chemicals 

were of analytical grade and were used without further purification. Anti-HER2 

antibody and ErbB2 were kindly supplied by Dr Adams from CSIRO.  

 

5.2.2 Immunosensor Preparation  

Si-MNA-based electrodes (Figure 5.1a) were fabricated using procedures 

described in Chapter 4 (see section 4.2.2). Prior to functionalization, the Au-Si-MNA 

electrode surface was cleaned first by thoroughly rinsing the electrode with ethanol 

and acetone, and then the electrode was immersed in base piranha solution 

composed of aqueous solution of 1.5 wt% ammonia, and 5.4 wt% H2O2, for 1 min at 

80oC, followed by rinsing with dH2O 26. The electrode was then incubated in a 2 mM 

aqueous solution of 3-mercaptopropionic acid overnight, allowing the formation of a 

self-assembled monolayer (SAM) via reaction of thiol groups with the Au surface. After 

rinsing the electrode with dH2O, it was immersed in a 2 mM aqueous solution of 2-

mercaptoethanol for 30 min for the purpose of the backfilling of any exposed Au 
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surface. Next, the electrode was immersed in a 1:1 mixture of 10 mg/mL EDC and 15 

mg/mL NHS prepared in 10 mM MES buffer pH 5 for 45 min. The NHS ester 

functionalized Au-Si-MNA electrode was then immersed in 25 µg/mL anti-HER2 

antibody solution prepared in 10 mM PBS for 4 h. The electrode was then rinsed with 

10 mM PBS in order to remove unbound anti-HER2. The residual NHS sites were 

blocked by reaction with NH2 functionalized PEG (1 mg/mL solution) for 30 min. 

Finally, the Au-Si-MNA/anti-HER2 electrode was once more rinsed with 10 mM PBS 

and, when not in use, it was stored in 10 mM PBS at 5oC. 
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Figure 5.1: Schematic illustrations of a) MNA electrode preparation, b) surface 

modification and anti-HER2 monoclonal antibody immobilization on Au-Si-MNA 

electrode, and c) detection principle of MNA-based immunosensor. 
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5.2.3 Electrochemical Detection 

A CHI 650E (CH Instruments, USA) electrochemical analyzer was used for all 

electrochemical measurements. Differential pulse voltammetry (DPV) measurements 

were performed by scanning the potential from -0.3 to 0.5 V in an electrochemical 

setup including Au-Si-MNA/anti-HER2, Au-Si-MNA, and Au-Si-MNA modified with 

AgCl ink, as working, counter and reference electrodes, respectively. All 

measurements were performed in a solution of 5 mM K4[Fe(CN)6] and 5 mM 

K3[Fe(CN)6] in 0.1 M KCl. The anti-HER2-modified Au-Si-MNA working electrode was 

incubated during 1 h in artificial interstitial fluid (aISF) spiked with known 

concentrations of ErbB2 ranging from 10 to 250 ng/mL. aISF consisted of 10 mM 

HEPES, 3.5 mM KCl, 123 mM NaCl, 1.5 mM NaH2PO4, 7.4 mM sucrose, 2.2 mM 

CaCl2, and 0.7 mM MgSO4 prepared in dH2O and the pH was adjusted to 7.4 27. The 

antibody-antigen binding was monitored through the changes in the current intensities 

obtained from DPV measurements performed before and after incubation of aISF 

spiked with ErbB2 (Figure 5.1c). Control experiments were carried out using a working 

electrode modified with a goat IgG, following the same immobilization method used 

for the anti-HER2-modified Au-Si-MNA electrode. Error bars illustrate the standard 

deviation (SD) of three measurements (n = 3) unless otherwise stated.  

 

5.2.4 Preparation of Skin-Mimicking Phantom Gel 

Phantom gels composed of epidermis and dermis layers were prepared 

according to a procedure reported by Chen et al.28 with slight modifications. The 

epidermis mimicking layer is composed of 10 wt% gelatin and 5 wt% of glycerol 

prepared in aISF, after which 0.1 wt% glutaraldehyde was added to the mixture. 

Dermis mimicking layer is composed of 24 wt% gelatin and 1 wt% agar prepared in 
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aISF. The phantom gel was fabricated using 3D printed molds. The molds used for 

epidermis and dermis layer fabrication had a height of 120 µm and 1.5 mm, 

respectively. The mixture used for dermis layer fabrication was initially heated up to 

~70oC under constant mixing until all constituents completely dissolved. The final 

solution was cooled to 40oC and then it was casted onto the mold and left to cool for 

2 h at room temperature. The gel samples used for the calibration plot experiments 

were prepared by spiking them with known concentrations of ErbB2 biomarker (10-

250 ng/mL). Later on, the epidermis layer mixture, also heated up to ~70oC and cooled 

to 40oC under constant stirring, was poured on top of the solidified dermis layer and 

left to cool down at room temperature. Detection of ErbB2 using Au-Si-MNA/anti-HER2 

immunosensor was performed by extracting the biomarker from the phantom gel and 

analyzing the changes observed in the DPV signal caused by the binding of ErbB2. 

The immunosensor was gently inserted in the phantom gel, incubated for 1 h, 

thoroughly washed with PBS after removing it from the phantom gel, and finally used 

for DPV analyses in K4[Fe (CN)6]/K3[Fe(CN)6] solution.     

  

5.3 Results and Discussion 

5.3.1 Morphological Characterization of MNA-based Immunosensor 

A field-emission gun scanning electron microscope (FEG-SEM, FEI NovaNano 

SEM 430) was used to characterize the Au-Si-MNA electrode. Figure 5.2 illustrates 

SEM micrographs of tilted (Figure 5.2a), top (Figure 5.2b), and cross-sectional (Figure 

5.2c) views of Au-Si-MNA. Micrographs show hexagonal arrangement of MN with a 

density of ~9500 MNs/cm2 with MN height of ~250 µm, a base diameter of ~50 µm, 

and space between two adjacent cone centers of ~110 µm. At increased magnification 

represented in the inset of Figure 5.2c, the sharpness of individual needle tips of ~2 
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µm diameter was apparent. Density, shape, size, and sharpness of fabricated MNA 

are ideal for the painless penetration of stratum corneum and interfacing the ISF in the 

epidermis and dermis layers of the skin, since the thickness of the epidermal layer can 

range from 36 to 61 µm on human forearm and 100 µm on the wrist 29,30, with the 

dermis layer ranging from 500 to 2000 µm 20.     

 

 

 

Figure 5.2: SEM micrographs of a) tilted view, b) top view (inset: top view of single 

microneedle) and c) cross-sectional view (inset: cross-sectional view of microneedle 

tip) of Au-Si-MNA.  
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5.3.2 Electrochemical Characterization 

The preparation of Au-Si-MNA electrodes was electrochemically characterized 

using cyclic voltammetry (CV), DPV, and electrochemical impedance spectroscopy 

(EIS) using Au-Si-MNA as working and counter electrodes, and Au-Si-MNA modified 

with AgCl ink as reference electrode. First, a CV in 0.5 M H2SO4 was applied to 

determine the active surface area of the working electrode (Figure 5.3a) 31.  The active 

surface area can be calculated using the charge of the reduction peak divided by the 

charge per microscopic unit area of Au which was previously determined to be 390 μC 

cm-2 31. In Figure 5.3a, the oxidation peaks of the deposited Au layer can be observed 

within 0.93 to 1.20 V, and reduction of oxidized Au can be seen at 0.7 V. The active 

surface area of Au-Si-MNA electrode is illustrated in the inset of Figure 5.3a and was 

found to be 0.97 cm2, four times higher than the geometric surface area. This increase 

in active surface area is attributed to the high density of MNA which allows to fit ~9,500 

microneedles/cm2.   

The surface modification of the Au-Si-MNA electrode was electrochemically 

characterized to confirm the immobilization of anti-HER2 antibody on MNA and binding 

of ErbB2 antigen. DPV and EIS measurements, represented in Figure 5.3b and 5.3c, 

respectively, show step-by-step modification of MNA by SAM formation and 

immobilization of anti-HER2 antibody, and binding of ErbB2 antigen. As expected, the 

current intensity decreased and charge transfer resistance (Rct) increased for the Au-

Si-MNA electrode upon Au surface functionalization with SAM and immobilization of 

anti-HER2 antibody. Besides, to demonstrate the feasibility of the Au-Si-MNA/anti-

HER2 electrode to detect ErbB2, ErbB2 antigen was incubated on the surface, causing 

further decrease in the peak current and increase in Rct which indicates successful 

antigen-antibody interaction. Both DPV and EIS results confirm immobilization of anti-
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HER2 on the electrode surface as well as successful binding of ErbB2 antigen.  

Furthermore, the redox properties of the Au-Si-MNA/anti-HER2 electrode were 

studied using CV by applying different scan rates ranging from 10 to 150 mV/s. Figure 

S5.1 in the Appendix shows well-defined oxidation-reduction peaks of the 

ferro/ferricyanide redox couple. Increase in scan rate resulted in increase of oxidation 

and reduction peaks with potentials shifted in positive and negative directions, 

respectively, indicating a quasi-reversible process. Current peak values of oxidation-

reduction peaks are represented in Figure S5.2 in the form of a linear plot of current 

versus square root of the scan rates and the linearity of both oxidation and reduction 

peaks show a diffusion-controlled electron transfer process occurring at the MNA 

electrode surface.  

 

5.3.3 Spectroscopic Analysis 

XPS analysis was used to characterize the surface modification of Au-Si-MNA 

working electrode at each step of the functionalization process:  pre-cleaned Au, SAM 

of 3-mercaptopropionic acid, and immobilization of anti-HER2 antibody (Figure 5.3d). 

A summary of the results, represented as atomic ratios with respect to elemental 

carbon, is shown in Table S5.1. The atomic composition of Au decreases as the 

functionalization progresses, as represented by the significant decrease in the Au/C 

ratio, which is consistent with the modification of the bare Au-Si-MNA surface with 

SAMs and the attachment of the HER2 antibody 32. The efficient coverage of 

precleaned Au-Si-MNAs with carboxylic acid terminated alkanethiols was confirmed 

by the increase in sulfur and oxygen atomic concentrations. The S/C and O/C atomic 

ratio after SAM functionalization are distinctly above the ratios of untreated Au-Si-

MNA, confirming the presence of –COOH terminated SAMs. The high-resolution C 1s 
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XPS curves (Figure 5.3d) shows a main peak centered at ~285 eV (C1 component), 

which can be ascribed to aliphatic carbons from alkyl chains. The carbon present on 

pre-cleaned Au-Si-MNAs most likely indicates the presence of adventitious carbon. 

After SAM modification, a significant increase in the C4 component (representative of 

O–C=O– functionalities centered at ~288.5 eV) becomes evident. The shoulder 

centered at ~286.5 eV (C2 component) represents the carbon next to the sulfur atoms. 

Following EDC/NHS activation and incubation with anti-HER2, the bioconjugated MNA 

displayed a significantly higher carbon and nitrogen content compared to SAM-

modified Au-Si-MNA. After anti-HER2 immobilization, the C 1s spectrum is 

significantly modified. While the C1 component can still be attributed to aliphatic 

carbons, the higher binding energy peaks can be assigned to the various C-N and C-

O based functional groups in the polypeptide (C2) and the characteristic peptide bonds 

of the immobilized antibody (C3). The latter components (C2, C3) were observed to 

increase significantly in intensity, confirming the presence of the antibody 32. The 

carboxylic acid signal originating from the SAM is no longer detectable, indicating an 

efficient immobilization of the antibody onto the activated SAM layer. 
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Figure 5.3: Characterization of MNA-based immunosensor. a) CV recorded in a 0.5 

M H2SO4 solution (inset: histogram showing a comparison of the measured surface 

area and calculated active surface area (SD of n=3)). b) DPV and c) EIS plots obtained 

after each step of the electrode modification: a) Au-Si-MNA, b) SAM, c) after 

immobilization of anti-HER2 antibody, d) PEG, and e) after ErbB2 conjugation (150 

ng/mL) (insets: of B) histogram showing current comparison of DPV peaks (SD of 

n=3), and C) Randles equivalent circuit used for fitting). Measurements were 

performed in 5 mM K4[Fe (CN)6]/K3[Fe(CN)6] (1:1 ratio) in 0.1 M KCl. d) XPS high 

resolution spectra of the C 1s obtained after each functionalization step: pre-cleaned 

Au (black); SAM modification (red); and immobilization of anti-HER2 (blue). 
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5.3.4 Optimization of the MNA-Based Immunosensor 

In order to maximize the performance of the immunosensor, the experimental 

parameters such as the concentration of anti-HER2 used for the electrode modification 

and ErbB2 incubation time were optimized. To evaluate the immobilization of anti-

HER2 antibody, electrodes were prepared as previously described in section 5.2.2 

and then incubated in 10 mM PBS solutions containing different concentrations of 

antibody for 1 h.  Antibody concentrations used in this study ranged from 4 to 75 

µg/mL. Figure S5.3 shows the increase in current density change (∆I) with increase of 

the antibody concentration. ∆I is difference of the oxidation current density measured 

before (I0) and after incubation (I) of Au-Si-MNA/anit-HER2 with ErbB2 biomarker 

(∆I=I0 -I). Current change reached a plateau for the immunosensor prepared with 25 

µg/mL anti-HER2 antibody which indicates saturation of the electrode surface with 

antibody. Thus, 25 µg/mL was selected as the optimum concentration for the 

fabrication of the immunosensor. Various ErbB2 incubation times were tested to 

determine the optimum time to maximize the binding of ErbB2 to immobilized anti-

HER2. Figure S5.4 shows the change in current density of the recorded DPV of Au-

Si-MNA/anti-HER2 incubated with the same concentration of ErbB2 biomarker (150 

ng/mL) for different time intervals ranging from 10 min to 2 h. The change in current 

density drastically increased during the first 40 min of incubation and later reached its 

maximum at 60 min. Further increase in the incubation time did not have significant 

effect on the current change. Therefore, 60 min was selected as optimum incubation 

time.   
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5.3.5 Detection of ErbB2 Breast Cancer Biomarker 

A set of control experiments was performed using goat IgG in order to confirm 

the affinity of immobilized anti-HER2 antibody towards ErbB2. Figure 5.4a shows DPV 

plots of Au-Si-MNA/anti-HER2 and Au-Si-MNA/IgG electrodes, recorded before and 

after incubation in aISF containing 150 ng/mL of ErbB2 biomarker. The current density 

change for IgG modified electrode (control) was insignificant comparing to anti-HER2 

modified electrode (inset of the Figure 5.4a). This result confirms that Au-Si-MNA/anti-

HER2 electrode has high affinity towards targeted breast cancer biomarker, ErbB2. 

The analytical performance of MNA immunosensors was studied by incubating 

Au-Si-MNA/anti-HER2 electrode in aISF spiked with different concentrations of ErbB2 

biomarker. The sensing principle of the MNA immunosensor is based on determining 

the changes in the diffusion of the redox probe towards the electrode surface as a 

result of the ErbB2 biomarker binding of to the antibody modified Au-Si-MNA. Figure 

5.4b shows the DPV signal obtained by scanning the potential from -0.3 to 0.5 V after 

incubating the working electrode in aISF with different concentrations of ErbB2 ranging 

from 10 to 250 ng/mL for 1 h. Increase in ErbB2 concentration gradually decreased 

the intensity of the current peak produced by the oxidation of K4[Fe(CN)6]. This 

correlation is demonstrated in Figure 5.4c, where a linear increase in the current 

density change is observed with increasing ErbB2 concentrations. The change in 

current density (∆I) represented in Figure 5.4c corresponds to the difference of the 

oxidation current density measured before and after incubation of Au-Si-MNA/anit-

HER2 with ErbB2 biomarker (∆I=I0 -I) at 0.15 V. The dynamic range of the 

immunosensor ranged from 10 to 250 ng/mL with a correlation coefficient of 0.9987 

and linear regression equation of ∆I = 0.3978[ErbB2] + 10.282. This linear range of 

MNA-based immunosensor is suitable for the detection of ErbB2 in breast cancer 
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patients since the ErbB2 concentration in serum ranges from 33.2 to 166.6 ng/mL and 

in cancer tissue can reach 65.38 ng/mL.8 The limit of detection of MNA-based 

immunosensor is 4.8 ng/mL which is similar to the concentration of ErbB2 found in 

healthy individuals.33  

The MNA-based immunosensor was tested against potentially interfering 

components prepared in aISF such as glucose (4 mM), glycine (100 µM), insulin (150 

ng/mL), T4 bacteriophage (105 pfu/mL), and NaCl (123 mM). Selected potentially 

interfering molecules such as glucose, glycine, and insulin are most likely to be found 

in ISF of the skin, whereas T4 bacteriophage is selected based on its size and 

likeliness that similar seized spices potentially could affect the sensors performance. 

Figure 5.4d shows a column plot derived from the obtained DPV signal from which no 

significant changes are observed for components other than ErbB2, suggesting that 

the MNA-based immunosensor has an excellent selectivity for ErbB2 biomarker in the 

presence of different molecules at high concentrations. Furthermore, the effect of 

different types of media such as 0.1 M PBS (pH 7.4) and aISF (pH 7.4) on the 

performance of the immunosensor was tested. As shown in Figure 5.4d no significant 

change in current response was observed showing that functionality of immunosensor 

does not depend on the medium which also confirms its stability. 
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Figure 5.4: a) DPV plots of control experiments carried out using Au-Si-MNA 

electrodes modified with IgG (a, b) and anti-HER2 (c, d) antibodies before (a, c) and 

after (b, d) incubation; inset: histogram illustrates the change in the DPV current 

density after incubation with ErbB2 (SD of n=3)). ErbB2 breast cancer biomarker 

detection and quantification with a MNA-based immunosensor. b) DPV of Au-Si-

MNA/anti-HER2 electrode with different concentrations of ErbB2 ranging from 10 to 

250 ng/mL in aISF and c) calibration curve of Au-Si-MNA/anti-HER2 sensing electrode 

obtained at 0.15 V (SD, n=3). d) Selectivity of Au-Si-MNA/anti-HER2 immunosensor 

upon incubation in 150 ng/mL of Erbb2, 105 pfu/mL T4 bacteriophage, 150 ng/mL 

insulin, aISF, 5 mM glucose, and 100 µM glycine, all prepared in aISF, 123 mM NaCl 

prepared in dH2O, and 0.1 M PBS (SD of n=3). 
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5.3.6 Detection of ErbB2 Biomarker in Skin-Mimicking Phantom Gel 

The performance of Au-Si-MNA/anti-HER2 electrode was studied implementing 

a skin-mimicking phantom gel that was fabricated using a 3D printed mold (Figure 

5.5c). The phantom gel was prepared containing ErbB2 biomarker at a 10-250 ng/mL 

concentration. Due to the differences in the chemical composition of the phantom 

model (described in section 5.2.4) we could model both epidermis and dermis layers, 

with the mock epidermis layer (100 ± 40 µm thickness) being clearly distinguished on 

top of the mock dermis layer in the fabricated phantom gel (Figure 5.5d). First, this gel 

was used for testing the penetration of the MNA-based electrode. The footprint of the 

MNA in the form of hexagonally arranged circular microscale craters can be observed 

in Figure 5.5e, demonstrating successful penetration of the MNA that is critical for our 

transdermal biosensor. The size and design of the current microneedles allowed for a 

sufficient skin penetration and are long enough to be used for the extraction of a 

biomarker from skin ISF based on the previous studies that achieved extraction when 

using ~150 µm long MNA. 34 Figure 5.5a shows the calibration curve derived from the 

DPV plots that was obtained after ErbB2 extraction from the phantom gel and 

subsequent electrochemical detection. The linear range of the immunosensor in skin-

mimicking phantom gel is from 50 to 250 ng/mL with detection limit of 25 ng/mL, 

allowing the detection of ErbB2 biomarker in breast cancer tissue.8 When compared 

to the analytical performance obtained in aISF, the performance of the immunosensor 

in phantom gel is slightly lower due to the difference in antibody-antigen binding 

environment. In other words, aISF solution allows for a faster diffusion of the antigen 

towards the antibodies immobilized on the electrode surface. This diffusion is limited 

in phantom gel because of its higher viscosity. Overall, these results indicate the high 

potential of the MNA-based immunosensor towards the point-of-care diagnostics by 
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extraction and quantification of ErbB2 biomarker without needing further sample 

treatment. In the literature, the detection of biomarkers from ISF has been performed 

using two different MN-based approaches that involve the extraction and quantification 

of the biomarkers. The first approach uses hollow MN to extract complete ISF whilst 

the second one employs antibody-modified MN to extract biomarkers only.20,34,35 Both 

methods require post extraction quantification of the biomarker. A disadvantage of the 

ISF extraction approach is the requirement of the additional sample pre-treatment 

steps due to the biological complexity of the ISF, and current major drawback of the 

direct extraction of the biomarkers using MN is the requirement for long and labor-

intensive analysis techniques such as ELISA. We believe that Au-Si-MNA/anti-HER2 

electrochemical immunosensor can provide efficient solution for both problems 

mentioned above. High-density MNA not only serves as a method for extraction of 

biomarker from the skin that is completed within 1 h, but also as an electrochemical 

transducer which simplifies the quantification of the biomarker providing response in 

only ~1 min and avoids the complexity of ELISA-like methods.    
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Figure 5.5: Testing of Au-Si-MNA/anti-HER2 immunosensor using skin-mimicking 

phantom gel. a) Calibration curve of DPV signals obtained after incubation of 

immunosensor in phantom gel (SD of n=3). Optical images of b) Au-Si-MNA electrode 

and c) 3D printed mold used for the preparation of the phantom gel. Light-microscope 

images of d) cross section of the phantom gel mimicking epidermis and dermis layers, 

and E) top view of the phantom gel after applying Au-Si-MNA electrode.  
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5.4 Conclusions 

 This chapter presents a high-density MNA-based electrochemical 

immunosensor for the detection of ErbB2 breast cancer biomarker. For the first time, 

high-density Au-Si-MNA were simultaneously used as a biomarker extraction platform 

and also as an in situ electrochemical transducer for the quantification of the captured 

biomarker. The size, shape, and conformation of MNA were characterized with SEM 

while the surface functionalization and the antibody immobilization were analyzed with 

XPS and electrochemical methods. As a proof of concept, the MNA-based 

immunosensor was tested using a carefully designed phantom gel that mimics the 

epidermis and dermis layers from where ErbB2 biomarker was extracted and 

quantified via DPV. MNA-based immunosensors allow for the detection of ErbB2 

biomarker over a wide concentration range from 10 to 250 ng/mL with a detection limit 

of 4.8 ng/mL in aISF and 50 to 250 ng/mL a detection limit of 25 ng/mL in the phantom 

gel, and response time of ~1 min. These analytical performance of immunosensor is 

sufficient for detecting ErbB2 biomarker in the interstitial fluid and tissue of breast 

cancer patients. This MNA-based sensing platform is suitable for the modification with 

various biological recognition elements and can be applied for the sensing of different 

cancer biomarkers. Future work will focus on in-vivo application of the MNA-based 

transdermal sensing platform for the extraction and quantification of significant 

biomarkers from the ISF.     
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Appendices 

 
 
 

Figure S5.1: CV of Au-Si-MNA/anti-HER2 electrode at different scan rates, recorded 

in 5 mM of K4Fe (CN)6 / K3Fe(CN)6 (1:1 ratio) containing 0.1 M KCl. 

 

  
 
 

Figure S5.2: Anodic and cathodic peak currents obtained from Figure S5.1 versus the 

square root of scan rates (SD, n=3). 
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Figure S5.3: Optimum amount of anti-HER2 used for electrode modification (SD, 
n=3). 
 
 

 
 
 

Figure S5.4: Optimum incubation time for Erbb2 (SD, n=3). 
 
 
 
 
 



Chapter 5 

199 
 

 
Table S5.1: Atomic ratios (X/C) calculated from average elemental compositions 

based on three replicates. 

  Samples 

Atomic ratio (X/C) Au Au/SAM Au/SAM/anti-HER2 

Au 1.820 ± 0.023 1.690 ± 0.047 0.331 ± 0.000 

C1 0.658 ± 0.009 0.741 ± 0.004 0.611 ± 0.004 

C2 0.244 ± 0.018 0.091 ± 0.003 0.219 ±0.000 

C3 0.054 ± 0.012 0.026 ± 0.004 0.160 ± 0.002 

C4 0.044 ± 0.002 0.142 ± 0.005 0.009 ± 0.002 

O 0.220 ± 0.007 0.336 ± 0.024 0.315 ± 0.005 

N 0.060 ± 0.003 0.024 ± 0.018 0.167 ± 0.009 

S 0.029 ± 0.003 0.101 ± 0.001 0.025 ± 0.000 
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6.1 Conclusions  

This thesis provides insights for developing wearable sensing platforms by 

utilizing high-density microstructured arrays. The fabrication of such sensing systems 

involves deep understanding, and therefore advances, in the structural engineering, 

electrochemical sensing, chemical biofunctionalization, and implementation of dense 

microarrays as efficient, user-friendly, and inexpensive platforms for epidermal and 

transdermal point-of-care disease diagnosis and health monitoring. Two types of 

microarrays, named micropillar (MPA) and microneedle arrays (MNA), were used to 

obtain three-electrode wearable patches for the electrochemical detection of clinically 

relevant biomarkers from sweat and interstitial fluid. An enzymatic approach was used 

for the detection of glucose using MPA and MNA in sweat and interstitial fluid, 

respectively. And an immunosensing approach based on microneedle arrays was 

designed to detect breast cancer biomarker ErbB2. The following points outline the 

conclusions drawn from this work addressing specific objectives of the thesis;  

1. The first objective was design and fabrication of microarray structures 

suitable to interface sweat or interstitial fluid. This objective is mainly focused on 

developing microstructures to be used for noninvasive or minimally invasive wearable 

platforms. Since the sensing platforms come into contact with skin, MPA and MNA 

were made of silicon due to its biocompatibility in addition to its versatility for nano- 

and microfabrication. Both microarrays were fabricated using UV lithography and deep 

reactive ion etching of monocrystalline Si wafers. UV lithography allowed patterning 

hexagonal arrangements of microarrays with different dimensions and densities, and 

deep reactive ion etching allowed adjusting the length and shape of the microarray for 

specific application. In Chapter 3, a high-density silicon MPA platform fabricated for 

developing a noninvasive biosensor for sweat analysis is presented. The MPA 



Chapter 6 

202 
 

contains micropillars with a height of ~22 µm, diameter of 13 µm, and density of 65,500 

pillars/cm2. Noninvasiveness was achieved due to the ability of the pillars to be in 

contact with the epidermal sweat without penetrating the skin. Furthermore, high-

density silicon MNA were fabricated for developing a transdermal biosensor. An 

enzymatic sensor (presented in Chapter 4) and an immunosensor (Chapter 5) were 

used for the analysis of interstitial fluid. Both platforms consisted of silicon 

microneedles with a height of ~250 µm, a base diameter of ~50 µm, and a density of 

~9500 microneedles/cm2 where the microneedle tip had a sharpness of ~2 µm. The 

design of the microneedles used in these sensing platforms allowed easy penetration 

of the outermost layer of the skin and enabled the biological recognition element (e.g. 

glucose oxidase (GOx) enzyme and anti-HER2 antibody) to interface with the 

interstitial fluid without reaching nerve bundles or blood vessels. After developing 

suitable microarrays for targeting sweat and interstitial fluid, the next step was to 

develop wearable patches for electrochemical sensing.   

2. The second objective was development of a wearable sensing patch by 

integrating microarrays into a three-electrode system suitable for effective 

electrochemical sensing. With the goal of developing wearable patches, the 

fabricated silicon microarray substrates were integrated into 3D printed holders.  Later 

on, for the realization of electrochemical sensing platforms, a thin layer (150 – 200 nm) 

of gold was deposited on MPA and MNA electrode surface via sputter coating. The 

gold coating not only provide a continuous conductive layer necessary for the use of 

silicon microarrays as electrochemical transducers, but also provided a suitable 

surface for further chemical modification and immobilization of the recognition 

element. Additionally, the Au-coated 3D printed holder provided a convenient electrical 

connection between microarray and the potentiostat. This process was applied for 
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both MPA and MNA electrodes. Having prepared functional microarray electrodes, the 

wearable patches were obtained by integrating three electrodes into a single patch. 

The final wearable patch consists of one working, one counter, and one reference 

electrode each made of microarrays suitable for sweat or interstitial fluid analysis.  

3. The third objective was surface modification of the working electrode 

according to the specific application, and characterization and optimization the 

sensing patch. The working electrodes were chemically modified and prepared for 

enzymatic sensing or immunosensing for their application in sweat or interstitial fluid 

analysis, respectively. In Chapter 3, the chemical modification of the MPA working 

electrode to be used for glucose detection in sweat involved the electrochemical 

deposition of a Prussian Blue layer followed by drop casting of a nanocomposite 

consisting of Au nanoparticles and chitosan. GOx enzyme was immobilized onto MPA 

electrode surface using glutaraldehyde as a crosslinker. This approach was shown to 

be effective for developing a sensitive glucose biosensor with a detection limit (26 µM) 

and linear range up to 1.4 mM. This sensing performance is suitable for the monitoring 

of sweat glucose the concentration of which is 100 times less than that in blood. In 

Chapter 4, the chemical modification of the MNA-based working electrode was 

designed for its application in transdermal glucose detection. The step-wise 

modification involved self-assembling monolayers of thiolated compounds on the Au 

surface after which ferrocene-cored poly(amidoamine) dendrimer (Fc-PAMAM) was 

immobilized after which GOx was immobilized via glutaraldehyde. Fc served as redox 

mediator between the enzyme and the working electrode surface. This approach 

enabled detection of glucose up to 10 mM making the sensing patch suitable for the 

monitoring of glucose in interstitial fluid. The surface biofunctionalization approach of 

each platform was tailored to the aimed application. Interstitial fluid contains glucose 
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in the mM range and hence this wearable patch required a different surface 

biofunctionalization approach than that implemented for MPA-based patch. The 

incorporation of Fc-PAMAM via self-assembling monolayers allowed higher levels of 

immobilization of enzyme onto MNA surface due to functional groups provided by 

dendrimers and therefore provided a much wider linear range. On the other hand, 

sweat contains glucose up to µM range and thus the MPA patch is needed to have µM 

sensitivity rather than a wide linear range, which was obtained using the Prussian Blue 

mediator. PB shows peroxidase activity which is excellent attributed to transducer 

platforms for H2O2 detection and during catalysis of glucose by GOx enzyme, gluconic 

acid and H2O2 are produced, where H2O2 is then reduced by PB (see Chapter 3). 

Having PB as an essential part of electrochemical transducer enables glucose 

detection in µM range since reaction occurs on the surface of electrochemical 

transducer whereas in MNA-based senor Fc served as electron mediator. The working 

electrode for the immunosensor was also based on MNA. In this case, the MNA 

electrode was modified using a similar self-assembling monolayers functionalization 

used to introduce Fc-PAMAM, followed by anti-HER2 antibody immobilization through 

EDC/NHS chemistry. Each step of the chemical modifications of the MNA-based 

working electrodes was characterized using XPS for elemental composition analysis, 

as well as electrochemical techniques such as CV, EIS, and DPV. The electrochemical 

optimizations of the analytical performance of the sensors such as sensitivity, linear 

range, detection limit, interference, and optimum parameters (pH, temperature, 

reusability, storage) were mainly performed using amperometry and DPV techniques. 
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4. The fourth objective was assessing the analytical performance of the 

wearable platforms using specific application scenarios. In MPA-based platform 

for sweat analysis presented in Chapter 3, the electrochemical sensing mechanism 

relies on the transfer of the electrons from the reaction between glucose oxidase 

immobilized on the electrode surface and glucose present from sweat. The design and 

structure of the micropillars did not just provide high active surface area to enhance 

electrochemical sensing performance, but also a solution to an important issue that 

wearable sensors face: the loss of enzyme microlayer caused by the friction between 

skin and sensor surface. Prior to real-sample application, the MPA sensing patch was 

tested in artificial sweat where the sensor exhibited excellent analytical performance 

by detecting glucose in the range of 50 µM to 1.4 mM with detection limit of 26 µM and 

sensitivity of 4.7 µA/mM. The wearable MPA sensing patch was then tested using 

human sweat where glucose levels were successfully measured before and after meal 

consumption. The changes in measured glucose levels from sweat correlated very 

well with the changes in blood glucose levels measured using a commercial 

glucometer. MPA provided an alternative solution to the challenge faced by wearable 

technology regarding the delamination of the biological recognition element (e.g. 

enzyme) from the sensors surface due to the induced by friction between skin and the 

sensor surface. Additionally, the performance of the MPA sensing patch is such that 

is able to detect glucose levels not only in healthy individuals but also in diabetic 

patients owing to its wide linear range. Chapter 4 describes the MNA-based sensing 

patch for minimally invasive glucose detection from interstitial fluid without the need 

for extraction or collection. The analytical performance of the MNA glucose patch in 

artificial interstitial fluid showed very good selectivity towards glucose with a working 

range of 1 to 9 mM, detection limit of 0.66 mM, and sensitivity of 0.1622 µA/(mM cm2). 
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In vivo application of the MNA sensing patch on mouse demonstrated the ability of the 

sensor to detect changes in the interstitial fluid glucose levels. Moreover, the changes 

in glucose values obtained by the MNA sensing patch correlated very well with the 

blood glucose level changes obtained with a commercial glucometer. The developed 

MNA sensing patch provides an alternative transdermal diagnostic tool to the invasive 

existing techniques such as the finger-prick-based tests. In comparison with MPA 

based glucose patch, the MNA based patch had lower sensitivity. This is mainly due 

to the active surface area of the microarrays and the chemical modification approach 

of the electrode surface. Together to the conductive Au film, the MPA sensing patch 

incorporates a nanocomposite layer composed of AuNPs and chitosan. The electrical 

conductivity of AuNPs provides an enhanced the sensitivity and the chitosan matrix 

for immobilization of enzyme onto electrode surface. Instead, the MNA glucose 

sensing patch, apart from the Au conductive layer, incorporates a 2nd generation of 

non-conductive PAMAM dendrimers that facilitate the immobilization of the enzyme 

but might also have impacted on the electrode sensitivity despite providing a much 

wider linear range. Chapter 5 reports an MNA-based electrochemical immunosensor 

which can be used simultaneously as a biomarker extraction platform and 

electrochemical transducer for the quantification of the captured biomarker. The MNA-

based immunosensor was tested, as a proof of concept, using a phantom gel that 

mimics the epidermis and dermis layers and contains a cancer biomarker, ErbB2. 

ErbB2 was extracted and quantified via DPV using the MNA sensing platform. As a 

result, the MNA-based immunosensor exhibited excellent analytical performance in 

the extraction and quantification of ErbB2 biomarker in a wide concentration range of 

10 to 250 ng/mL and a detection limit of 4 ng/mL in aISF and 50 to 250 ng/mL with 

detection limit of 25 ng/mL in phantom gel. This analytical performance is sufficient for 
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detecting ErbB2 in the interstitial fluid and tissue of breast cancer patients which can 

range from 33.2 to 166.6 ng/mL. The MNA-based sensing platform is suitable for the 

modification with various biological recognition elements which can be applied for the 

sensing of other biomarkers. The simultaneous use of MNA as a tool for biomarker 

extraction and subsequent electrochemical quantification is described for the first time 

in this thesis. This sensing platfrom can provide an alternative method for the fast and 

simple protein biomarker screening and detection.  

 

6.2 Future Directions 

The works presented in this thesis describe new wearable sensing platforms 

which involve structural engineering, chemical surface modification, and development 

of high-performance electrochemical biosensors. At the same time, they provide 

solutions to some of the challenges faced in sweat and interstitial fluid analysis. The 

future work would involve managing some of the specific challenges which have to be 

addressed in order to produce cost-effective wearable devices with broad range of 

applications in health monitoring and diagnosis. The future work directions should be 

focused on the following:  

1. To achieve continuous monitoring of sweat biomarkers, one of the remaining 

challenges is sweat manipulation in order to discard the analyzed sweat and 

collect a fresh sample. The integration of a microfluidic platform with the existing 

wearable sensing platform needs to be studied to resolve this issue. 
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2. The microneedle-based glucose sensing patch was used for the in vivo glucose 

monitoring for a relatively short time. Long-term applications will require further 

investigations to prevent detrimental effects such as biofouling and loss of 

enzymatic activity, which can hinder the analytical performance of the biosensor. 

Long-term studies of toxicity and biocompatibility of the sensing platform should 

also be performed.  

3. The validation of the microneedle-based immunosensor was carried out using a 

phantom gel that mimics the density and horizontal alignment of the layers that 

form the skin. The optimum real application of this sensing system is an animal 

model that expresses the targeted breast cancer biomarker thus the future 

research could be focused on this direction. 

4. The described sensing patches were optimized and used for the detection of 

glucose and ErbB2, as a proof of concept. However, analyzing the performance 

of this system in detecting different clinically relevant protein biomarkers 

including insulin and cortisol would be of high importance to the wider community.  

5. Targeting relevant biomarkers, next to glucose, such as urea, lactate, and ions 

in form of multiplex system. Multiplex sensing platforms are particularly important 

in developing a closed loop system for diabetic patients that would involve the 

detection of both insulin and glucose in order to administer the most suitable 

amounts of insulin.  

6. The current systems require the physical connection of the sensing patch 

electrodes to a potentiostat. For the purpose of increasing the patient compliance 

and portability of the system, the development of a wireless system with 

miniaturized power supply can be highly beneficial. This will be particularly 

important in integration of the sensors with other diagnostic systems. 


