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Figure 3.9 Representative (a) Nyquist plots comparing the silver-elastomer
DC and CAC modes on a hydrogel, (b) magnification of higher frequency
region of the Nyquist spectra attributed to bulk hydrogel and the
corresponding (c) Impedance and (d) phase plots.

Figure 3.10 Representative (a) Nyquist plots of the inner forearm as
measured by the silver-elastomer DC and CAC modes, (b) magnification
of the higher frequency region of the Nyquist plots and corresponding (c)
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mm). Images taken using a Nikon D3300 camera.
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A3.C.
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skin before and after stretching (tattoo electrode diameter: 20 mm). Images
were taken using a Nikon D3300 camera.

Figure 4.6 Representative (a) Nyquist plots for the PEDGE:Jeffamine
hydrogel measured using the direct contact and adhesive contact platforms.
(b) Magnification of the higher frequency region attributed to the bulk
hydrogel. Corresponding (c) Impedance and (d) phase plots.

Figure 4.7 Representative (a) Nyquist plot of human skin (single
participant) measured by DC and AC mode platforms and circuit model for
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Contact (previously shown in Fig.3.4), Conducting Adhesive Contact
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Figure 4.10 Stress-strain curves comparing the DC and Adhesive (27 pore)
modes.

Figure 4.11 Regression analysis comparing the participant data from the
tattoo platform (Rvt values) to that from the skin probe (black dots). Data
points with TDC values <27.5 were excluded from the regression analysis
(open circles).

Figure 4.12 Graph showing the impedance response of Adhesive (27 pore)
mode on the inner forearm after application of water, water based and oil
based moisturiser overtime using single frequency measurements (100,000
Hz) (n=3).
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(2B-PBA) starting material and (b) its corresponding monomer (DMAP-
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(4B-PBA) starting material and (b) its corresponding monomer (DMAP-
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(diameter: 20 mm) with PET disc for support and (b) image of DMAP-4BA
modified tattoo submerged in buffer (pH 7.4).

Figure 5.6 Schematic of the DMAP-2BA binding to glucose under different
pH conditions. Similar diol exchange with phenylboronic acid [38].

Figure 5.7 Representative Nyquist plots of DMAP-2BA on Au-paper
working electrode in buffer (pH 3, 7.4 and 12). Inset: magnification of the
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Appendix Fig. A5.A.

Figure 5.8 Time-base study of DMAP-2BA Au-paper electrodes at
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Figure 5.9 Representative (a) Nyquist plots of DMAP-2BA Au-paper
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magnification of the higher frequency attributed to the bulk hydrogel and
corresponding (c) Impedance and (d) phase plots.

Figure 5.10 Normalised resistance values of DMAP-2BA Au-paper
electrodes upon increasing glucose in buffer (pH 3, 7.4 and 12).

Figure 5.11 Normalised resistance values plotted against time (min) (a)
before and (b) after glucose additions at pH 3, 7.4 and 12 using the DMAP-
2BA Au-paper electrode.

Figure 5.12 Nyquist plots of DMAP-4BA modified tattoo before and after
being immersed in buffer (pH 7.4) (n=3). Corresponding Bode plots in Fig.
A5.2.

Figure 5.13 Representative (a) Nyquist plots of DMAP-4BA modified
tattoo over time in buffer (pH 7.4), magnification of the high frequency
region inset top right and (b) extracted Rge values plotted against time
(n=3). Corresponding Bode plots in Fig. A5.3.

Figure 5.14 Representative (a) Nyquist plots of DMAP-4BA modified
tattoo in increasing ionic strength of buffer (pH 7.4) and magnification of
high frequency region inset top right and (b) extracted Rgel values plotted
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Figure 5.15 Representative (a) Nyquist plots of DMAP-4BA modified
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corresponding calibration data, (c) Nyquist plots of ascorbic acid (0-100
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regression analysis comparing data measured on a hydrogel skin mimic by
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Figure 6.2 (a) Schematic diagram and image of the CA-silver electrodes (2
X 5 mm diameter electrodes) and (b) Graphs comparing the impedance
measured by the electrodes with the change in electrode distance (mm)
during stretching and relaxation of a ligament. Inset (top left) is the image
of the electrode platform on a porcine ligament.

Figure. 6.3 Schematic of potential smart responsive hydrogel for selective
lactate sensing in skin.

Figure. A2.A Example of (a) Impedance and (b) phase plots with
corresponding fitted data of the screen printed electrode (PF410 silver ink)
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Figure A4.C Tracking water, water-based and oil-based moisturiser uptake
through the skin (single participant) using the Delfin MoistureMeter D
probe. (one day, three measurements on the forearm).
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Abstract
Keana Erika A. De Guzman
Epidermal Sensors for Monitoring Skin Physiology

Wearable sensors are revolutionizing personalised healthcare and have continuously
progressed over the years in both research and commercialization. However, most efforts on
wearable sensors have been focused on tracking movement, spatial position and continuous
monitoring of vital signs such as heart rate or respiration rate. Recently, there is a demand to
obtain biochemical information from the body using wearables. This demand stems from an
individuals’ desire for improved personal health awareness as well as the drive for doctors to
continuously obtain medical information for a patients’ disease management. Epidermal
sensors are a sub-class of wearable sensors that can intimately integrate with skin and have the
potential for monitoring physical changes as well as detecting biomarkers within skin that can
be related to human health. The holy grail for these types of sensors is to achieve continuous
real-time monitoring of the state of an individual and the development of these sensors are
paving the way towards personalised healthcare. However, skin is highly anisotropic which
makes it challenging to keep epidermal sensors in consistent contact with skin. It is important
that these sensors remain in contact with skin in order to measure its electrical properties and

acquire high fidelity signals.

The key objective of this thesis is to develop thin conformable, stretchable epidermal sensors
for tracking changes in skin physiology. The initial iteration of the screen printed epidermal
sensor comprised of a flexible silver film. Impedance spectroscopy was used to understand the
electrical signals generated on skin and it was used to measure relative changes due to varying
water content. However, this iteration was more suited for single use. The next chapters explore
different ink formulations and adherence methodologies to enhance the epidermal sensors
adherence to skin. Impedance spectroscopy was used to characterise the electrical signals from
these different epidermal sensor iterations, while tensile testing and on-body assessment was
used to characterise its mechanical properties. The final chapter focused on investigating the
use of phenyl boronic acid (PBA) functionalized hydrogels to modify the epidermal sensor
with responsive hydrogel materials to enable chemical sensing of analytes relevant to skin
physiology. Impedance spectroscopy was used to characterise and understand the electrical
signals generated by the binding interaction of the PBA and analytes using the sensor. Overall,
the work demonstrates the challenges of developing these epidermal sensors as well as

presenting their potential for continuous monitoring of human skin in the future.
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Chapter 1

Recent Developments in Epidermal Sensing



1.1 Wearable devices

Wearable sensing technology has recently and rapidly moved towards the development of a
wide array of consumer and medical products. This growth of wearable sensors can be
attributed to several factors, such as affordability and ergonomics provided by advances in
miniaturized electronics, the proliferation of smart-phones and connected devices, and the
growing interest for personalised healthcare [1].

Currently most wearable sensing devices focus on physical measurements such as heart rate,
respiration rate or quality of sleep and are geared towards monitoring an individual’s physical
fitness [1]. A popular wearable physical activity monitor available in the consumer market is
the Fitbit®, a wireless activity tracker that helps individuals obtain information such as amount
of steps taken and distance travelled [2], [3]. This type of wearable technology helps promote
the importance of physical activity with the aim of reducing or preventing conditions such as
obesity by allowing individuals to track their progress and establish physical activity goals [4],
[5]. However, these physical activity measurements give a limited insight into an individuals’
health status. Therefore there has been increasing efforts towards developing wearable sensors
that can monitor additional physiological parameters. The development of these types of
wearable sensors can reduce the need for invasive blood sampling through non-invasive
analysis of more accessible diagnostic fluids such as saliva [6], [7], tears [8], [9], and sweat
[10].

An interesting sub-class of wearable devices are epidermal sensors, which directly adhere onto
skin. This has clear advantages in terms of close proximity for direct access to the skin organ
[11]-[13]. The skin has become a commonly targeted area for wearable sensing given its
important role in human physiology and epidermal sensors have been used to monitor
physiological parameters such skin barrier integrity via electrical measurements [14]-[16],
measure temperature [17], and track electrical activity, such as electromyography (EMG) [18].
Epidermal sensors that measure these types of physiological activity require intimate contact
and robust adherence to skin. However, the human skin composition is complex, highly
anisotropic [19] and its mechanical properties can change depending on the age, hydration state
and location on the body [20], [21]. Therefore designing suitable robust skin-electrode
interfaces are required to acquire reproducible signals from skin. This can be achieved by using
thin, soft, flexible, stretchable conducting materials and clever electrode geometries. These
type of parameters are typically considered for interfacing epidermal sensors to skin, where the
aim would be to broadly match the stiffness and elasticity of the epidermal sensor closely to
that of skin.



The stratum corneum (SC) of the epidermis is a region of high metabolic activity, rich with a
variety of biomarkers and its biochemistry offers valuable insight into health as it can reflect
both localized and systemic skin conditions [22]. Detecting and analysing the levels of
biomarkers in skin matrices such as sweat [23] can also provide insights into human health.
Diagnostic opportunities from the skin gives rise to the fabrication and development fo
epidermal sensors. For example, a UV skin patch (Fig. 1.1a) which is a commercially deployed
epidermal sensor was recently developed by Rogers along with L’Oreal (La Roche-Posay) [24].
This epidermal sensor monitors the external environment to track UV exposure of skin over
time. It contains UV sensitive dyes that change colour upon exposure to UV radiation and uses
optical detection to quantify the colour change before and after skin UV exposure [24]. Another
recent example of an epidermal sensor is the My Skin Track pH, a prototype wearable pH
sensor developed by the same research group (Fig. 1.1b). This skin pH patch is a thin flexible
epidermal sensor that uses intricate microfluidic channels to collect sweat from skin and also

uses optical detection via image capturing software to measure the pH of skin.
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Figure 1.1 Images of the (a) Skin UV patch showing its sensor components for each layer,
reproduced from [24] and (b) My Skin Track pH and its individual sensor layers, reproduced
from [25].



Depending on the mode of epidermal sensor being developed, there are many challenges that
need to be overcome. In the case of targeting biomarkers in skin matrices such as sweat or ISF,
the sensor must be able to target analytes selectively and with short response times [1]. One of
the biggest challenges for wearable sensors that analyse sweat or ISF is the reproducible
extraction of fluid from skin in a facile and robust manner. Another factor to consider is how
representative these fluids are with respect to blood, which is the gold standard diagnostic fluid.
Current epidermal sensors require a defined sampling interval to allow ample time to pre-
concentrate or extract a sufficient volume of fluid. There is also a requirement for the epidermal
sensor to be highly sensitive as concentration ranges found in the skin and sweat tend to be
lower than blood. Despite these challenges, epidermal sensors are beginning to show great
potential towards providing comprehensive continuous monitoring of an individuals’ health

status.

1.2 The skin organ

The human skin is a complex organ that is composed of three main layers: epidermis, dermis
and subcutaneous tissue (Fig. 1.2) and its functions include the protection of the body from the
external environment, thermoregulation, and sensation [26]-[28]. The epidermis is the
outermost layer of skin and it can be divided into four main layers depending on the state of
keratinocyte differentiation and its main function is to act as a protective barrier from the
external environment [26]. The dermis is the layer found between the epidermis and
subcutaneous tissue and is composed of interstitial components such as collagen fibres and
cellular components such as fibroblasts as well as blood vessels [26]. Due to the presence of
collagen fibres, the dermis’ role is to give the skin its flexibility. The subcutaneous layer is the
inner most layer of skin and is primarily composed of lipocytes (fatty tissue) [26]. This is the
insulation layer which helps regulate body temperature and act as a protective layer for muscles

and bhones.

The human skin has different properties and conditions which can be influenced by numerous
body dependent factors such as age, skin type, gender and lifestyle [29]. These body dependent
factors can influence human skin characteristics such as thickness, elasticity or hydration which
also have an effect on the penetration of microbes and active cosmetic or topical treatments

[29]. It also contains a plethora of biomarkers such as lipids, structural proteins and



inflammatory mediators that can serve as a “window” into the metabolic processes within the

body [30].
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Figure 1.2 Diagram of the skin showing the three main layers: epidermis, dermis and subcutis.
Magnification (top right) shows the different layers of the epidermis from the stratum corneum

to the basement membrane, reproduced from [31].

Disease pathologies are also known to alter the molecular composition of skin and manifest
itself as either a localised disease (i.e. atopic dermatitis, melanoma) or a systemic disease (i.e.
diabetes) [30]. Such alterations in skin chemistry can offer valuable insight towards
understanding human health. Researchers have gained interest in monitoring and
understanding skin chemistry by using minimally or non-invasive approaches to sample and

analyse skin, for example via its electrical properties or via matrices within the skin.

1.2.1 The Stratum Corneum (SC)

The stratum corneum (SC), the outermost layer of the epidermis is the first line of defence and
is a region of high metabolic activity that is easily accessible for sampling. Both exogenous
(i.e. environmental) and endogenous (i.e. genetic or hormonal) factors can compromise the
protective nature of this skin barrier and cause both physical and chemical alterations in skin.

These alterations in skin chemistry can have an impact on the structure and function of the skin



organ. The next sections will discuss the importance of skin barrier function and the different

parameters that can be used to monitor skin barrier integrity.

The SC layer is composed of layers of corneocytes in a lipid matrix and is commonly described
as the ‘brick and mortar’ layer of skin. The corneocytes are flattened layers or ‘brick’ layers
filled with keratin while the ‘mortar’ layer is a complex mixture of extracellular lipids such as
ceramides, cholesterol and free fatty acids that provide permeability to the barrier [27].
Depending on the anatomical site, the depth of the SC in human skin can vary between 8-40
pum [32].

Proper development and maintenance of the SC is key to defending the body against chemical
and microbiological attack as well as maintaining skin hydration [33]. Skin barrier impairment
is the breakdown of the SC barrier allowing the penetration of irritants, allergens and microbes
into the skin (Fig. 1.3).
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Figure 1.3 Schematic diagram of normal skin barrier function versus disrupted skin barrier

function of the stratum corneum.



Skin conditions such as atopic dermatitis (AD), manifests itself as a skin barrier impairment
and is one of the most prevalent skin conditions that affect adults and children [34]-[36]. It
exhibits itself as a highly pruritic skin condition that commonly affects the face and flexural
areas of the body and its histology has been described as a decrease in cornification and lipids
[37]. This particular form of dermatitis has been related to different factors such as gene
regulation and mutations [38] such as mutations in the filaggrin (FLG) gene [39], [40]. An
individual with AD, has a damaged skin barrier that can easily allow for irritants or microbes
to penetrate, which further induces dryness and inflammation or in worse cases infection in
skin. Topical treatments such as moisturisers and emollients have been used specifically as a
way of treating irritation and impairment of the skin barrier (Fig. 1.4) [41]. However, the most
common treatment for AD would be the use of topical corticosteroids in order to manage flare-
ups [42] which only provides temporary relief to patients. Therefore, monitoring the skin for
early warning signs would be advantageous to individuals who suffer from these skin
conditions. This has led to a significant interest in studying the skin barrier and different
research groups have used commercial skin probes to monitor the water content and pH of the
skin of patients with AD with the goal of deepening the understanding of the skin condition.

Figure 1.4 Example of (a) dermatitis on the inner forearm due to lanolin before treatment and
(b) after treatment, reproduced from [43].



1.2.1.1 Skin impedance

As discussed previously, the SC is the first line of defence and serves as a protective barrier
against water loss. The effectiveness of this barrier and its permeability has been extensively
tested using a approaches such as skin biopsies [44]-[46] and tape-stripping [47]-[49]. One of
the most common methods used to characterise skin is through the use of impedance.
Impedance is the measure of a materials opposition to the flow of alternating electric currents
over a frequency range. Impedance is a complex number, which consists of a real and an

imaginary part:
Z =R+ jX Equation 1.1

where Z is the complex impedance and the real part (R) represents resistance, while the
imaginary part (X) represents reactance and j is the imaginary number. In impedance
spectrscopy, Nyquist and Bode plots are the two most common methods of displaying the
generated data. The Nyquist plot shows the data as real (Z') versus imaginary (Z), with every
point providing the characteristics of the complex impedance per frequency. However, the
primary disadvantage with this plot is that the frequency is not explicitly shown. In comparison,
the Bode plot shows the phase and total impedance over the frequency range analysed.
Resistance in a circuit dissipates power as heat, while reactance stores energy in the form of an
electric or magnetic field. The impedance of skin can be modelled using circuit elements that
consist of parallel and series combinations of resistors, capacitors and constant phase elements
[1]. The skin is typically modelled by either making a distinction between the different
microanatomical structures of skin, for example lipids would be modelled as capacitors and
electrolytes as resistors, while another way of modelling skin would focus on structures of the
skin that make the largest contributions to the electrical properties [50]. However, producing
an electrical model of skin to fully mimic all the electrical processes in tissue using only simple
circuit elements can be quite challenging. A commonly used circuit model for skin typically
uses a resistor and capacitor or constant phase element (CPE) in parallel to represent the SC or
the epidermis, while the underlying viable tissue or dermis is considered to be more conductive
than the epidermis and is then typically modelled as a resistor in series [1]. Another
consideration in modelling would be the mode of electrode contact because the impedance
measured from skin depends on the contact or adherence quality of the electrodes on skin.
Another consideration would be the frequency range used to measure the skin. The frequency
range measured represents a mixture of different skin layers and different dispersion

mechanisms. These dispersion mechanisms reflect the various components of biological tissue
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and have been divided into three regions: alpha (a), beta (B) and gamma (y) dispersions.
Schwan was the first to identify these dispersions, indicating that the a-dispersion is found in
the frequency region between mHz up to a few kHz which reflects the surface admittance of
the membrane surface [51]. The B-dispersion is found in the frequency region between a few
kHz to a few MHz and was related to the polarization effects and structural changes of the cell
membranes while the y-dispersions is found in the frequency region of a few hundred MHz to
GHz and was related to the polarization of water molecules [51]-[53]. In order to fully under
these dispersion mechanisms parameters such as electrode materials (contact and adherence),
electrode configuration, frequency range used and depth of measurement penetration into skin
should be considered and related back to these mechanisms as these parameters would have an
effect on the skin impedance measured.

The use of electrical impedance as a means to interrogate skin is a powerful technique to
characterise the different layers of skin as well as detecting tissue alterations. Birgersson
postulated that normal and abnormal tissue differ in electrical properties due to their cell
structures, size and orientation and through the use and understanding of electrical skin
impedance, different tissues can potentially be distinguished from each other [54]. It has been
proven to be a technique of interest to monitor tissue water content [14], [15], [55], [56],
investigate skin barrier integrity before and after chemical and mechanical damage [57], [58]
as well as characterise and differentiate skin lesions [16], [59]-[61]. For example, the
Nevisense (SciBase) is a diagnostic tool used to collect impedance data on skin lesions in order
to differentiate between benign and malignant skin lesions [16], [59]. This device uses
microneedle pins covered in gold to penetrate through the SC and adhere onto skin [16]. It uses
a high frequency (1.0 kHz to 2.5 MHz) to propagate the electrical impedance signal through
tissue [59]. Helen at el., have demonstrated the development of a hypodermic needle integrated
with an impedance sensor on the needle tip to detect changes in phantom tissue substances
[61]. The performance of the needle was analysed by penetrating different tissue mimic layers
(lard and conducting gel) while recording impedance at real time using a single frequency (10
kHz). A lag in the measured impedance was observed as the needle passed through the
boundary between the layer, the research group has attributed this to the impedance analyser
[61]. However, their results show that this impedance sensor is capable of differentiating
between fatty tissue mimic (lard) and conductive gel tissue mimic, where high impedances
were recorded in the lipid layers and low impedances for the conductive gel tissue due to the

present of ions in the gel mimic. This group demonstrates a minimally invasive approach for



detecting changes in internal tissue during clinical procedures in the future. Further
investigation using the needle tip impedance sensor should consider testing on real skin tissue,
which would give more valuable information as these layers are much more complex compared
to simplified skin-tissue models. Overall, this group has shown that impedance is a promising
technique that can be used to detect alterations in tissue which can potentially be used to
differentiate normal and cancerous tissue using a minimally invasive method. Impedance has
also been used for early detection of pressure ulcers. Swisher et al., have demonstrated the
fabrication of a flexible device that can non-invasively map pressure induced damage [62].
Pressure ulcers develop when pressure is applied to a localised area in the body when an
individual lies in the same position for a long period of time or if an individual has limited
mobility. This flexible sensor array was composed of gold inkjet printed electrodes printed on
a polyethylene naphthalate substrate and a conducting gel was used to reduce the influence of
the highly resistive SC layer and improve adherence to skin. These flexible arrays were
mounted on to skin and a frequency sweep of 100 Hz to 1 MHz was used to detect pressure
induced tissue damage in-vivo on a rat model [62]. Using impedance spectroscopy across these
flexible electrode arrays, the group observed that pressure damaged tissue had lower impedance
compared to healthy or undamaged tissue. This decrease in impedance was attributed to the
loss of cell membrane integrity. Their results demonstrates the feasibility of using impedance

as a non-invasive method for the early detection of pressure ulcers.

Skin impedance is dominated by the high impedance of the SC layer, which comprises of
compressed, keratinised flattened cells, and its influence decreases when the frequency range
increases [63], [64]. Martinsen et al. found by means of finite element calculations, that viable
skin represented about 10% of the measured impedance at 1 kHz and represented about 90%
of impedance at 100 kHz, concluding that the SC dominates the lower frequency region [65].
Heikenfeld et al. also showed that for measurement frequencies between 1 Hz to 10 kHz, the
SC dominates the overall impedance of the electrode skin contact [1]. However, what has not
been thoroughly considered is that the measured impedance can vary depending on the activity
and density of sweat glands which can form conductive ionic pathways as well as the thickness
and anatomical position of the SC layer can change the electrical properties of skin [66], [67].
Yamamoto et al. were first to investigate and elucidate the electrical properties of the SC using
impedance spectroscopy via tape stripping studies and demonstrated the difference in electrical
contributions of the SC from the viable skin [68]. It was found that the SC had a high resistance,

which reduced upon the removal of the barrier. This trend was also observed by Aberg (Fig.
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1.5) where high resistances were observed before stripping and a gradual decrease in resistance
leading to the formation of a semi-circle in the Nyquist plot was seen after 90 tape strips,
implying that the status of the SC dominates until viable skin was exposed [63].

£ 250 E 40
= = —o— 30 tape strips
9 200 9 I P %)
X X 30
L 150 t
Q Q 20
> 100 "ty
P —o— 0 tape strips e 10
& 50 —0— 2 weeks =)
© : H o
E after stripping : E 4
0 50 100 150 200 250 0 10 20 30 40
Real part (kOhm) Real part (kOhm)
= 10 = 3
= | —O0— 60 tape strips I = I —O— 90 tape strips |
O g ] O
> =
= & T2
© ©
Q aQ
> 4 E
© © 1
£ =
o 2 o
4] ©
Eo Eol £
* 0 2 4 6 8 10 0 1 2 3
Real part (kOhm) Real part (kOhm)

Figure 1.5 Nyquist plots depicting the influence of the barrier status of the SC before and after

tape stripping, as the outermost layers of skin were removed a decrease in impedance was
observed, reproduced from [63].

The hydration state of the SC has been well-researched, and stems from early work by Blank
[69], [70]. According to Blank, the SC will be flexible as long as it contains 10-20% water but
if it drops below 10% it could lead to skin barrier impairment [70]. An adequate amount of
water present in the SC allows the skin barrier to remain intact giving the skin better elasticity
and firmness. Electrical impedance has recently been used to monitor tissue water content of
the skin barrier. Leveque et al. have explained that the keratin present in the SC is a medium

of weak electrical conduction when it is dry [71]. Introducing water to the tightly bound keratin
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chains allows the inter-chain spacing to expand as all water-binding sites of the keratin
becomes occupied [72], [73]. From this, the water content and water-holding capacity of
keratinized tissue in the SC governs the electrical impedance of the human tissue which can be
used towards understanding skin barrier function. Therefore, skin tissue water content has been
a parameter of interest for monitoring SC barrier function. In skin research, both transepidermal
water loss (TEWL) and tissue water content have been used together to understand skin barrier
function. Skin probes such as the Tewameter® and VapoMeter (Fig. 1.6a) have been used in
clinical research studies to measure TEWL [74]. Skin tissue water content can be measured
with commercial electrical skin probes such as the Corneometer® [75], [76], GPSkin Barrier®
[76] and the Moisture MeterD (MMD) probes (Fig. 1.6b) [15]. These types of probes have been
used in clinical research for quantitative evaluation of different parameters related to skin

barrier function.

(b)

Measurements made to 4 depths

Figure 1.6 Images of (a) sensing tip of GPSkin Barrier® probe, reproduced from [76] and (b)

Delfin Moisture MeterD skin probes, reproduced from [77].

TEWL is the rate at which water vapour is lost from the body across the skin and it has been

used to determine the efficiency of the skin barrier function [78]. When the skin barrier has
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been compromised by a skin condition or by physical or chemical irritants, the barrier function
is altered and an increase in TEWL is observed. TEWL can be calculated by measuring the
water vapour pressure gradient of the skin surface, the measured vapour pressure is based on
the relative humidity and saturated vapour pressure which are dependent on temperature. In
this case, relative humidity is measured using a capacitive sensor while temperature is
measured by thermoresistors which are located within the chamber of the skin probe. Different
chamber approaches have been used to measure TEWL, the open chamber method and closed
chamber method. Open-chambers are open to the surrounding atmosphere and thus are easily
influenced by external air convection therefore a draft shield is used to reduce air convection,
while closed chamber methods are a more recent design in which the measuring chamber is
enclosed from the surrounding atmosphere and measurements are thus not influenced by
external air convection [79], [80]. De Paepe et al., have conducted a study to compare open-
chamber (Tewameter®) and closed-chamber (VapoMeter) TEWL probes via in-vivo
measurements of the human forearm [74]. It was noted that correct handling of the probes and
standard ambient room conditions were important to achieve reproducible measurements
because these have an effect on TEWL values measured [74]. Based on their tape-stripping
study, it was observed that the VapoMeter gave significantly lower TEWL readings compared
to the Tewameter® which could be a drawback for the closed chamber system. This lower
reading was attributed to the fact that an open chamber system records stabilized TEWL values
whereas the closed chamber system requires a few minutes to compute TEWL values based on
the increasing rate of humidity within the chamber [74]. Despite this lower reading, both
TEWL probes are still considered reliable for measuring TEWL as long as application pressure,

humidity and temperature are kept consistent and a standardised protocol has been put in place.

13



Table 1.1 Measurement principles and measurement specifications for commercial skin probes

that measure tissue water content.

Skin probe Measurement | Frequency Stated Ref.
Principle Measurement
Depth
Corneometer® Capacitance 40-75 kHz 30 - 45 um [76], [81], [82]
(Model 820 & (Model 820) (Model 820)
Model 825) 09to1.2 <15 pum
MHz (Model | (Model 825)
825)
GPSkin Barrier® Impedance 1 kHz - [76]
Skicon® Conductance 3.5 MHz <15 pum [81], [83]
(Model 100 &
Model 200EX)
Delfin MMD Tissue 300 MHz 0.5-5.0mm [84]
Dielectric
Constant
Nova DPM Impedance up to 1 MHz 40-60 pm [81], [82]
(Model 900 &
Model 9003)

Some skin probes have been designed to assess the tissue water content of skin. The use of
these devices to evaluate tissue water content of skin has been documented in both normal and
diseased skin [47], [76], [85], [86]. They are regularly used to monitor the skin water content
of individuals that suffer from AD [87]. However, many factors may influence these skin
measurements which can impact the final interpretation of results. These probes use electrical
methods for assessing skin tissue water content which are based on measuring impedance or
conductance, as a function of one or more different stimulating frequencies [82] as tabulated
in Table 1.1. Both impedance and conductance are frequency-dependent and deriving physical
parameters such as resistance, reactance and capacitance can be complicated. Measurement
from the skin probes typically use two electrodes to apply an electric field, where in impedance
it measures the opposition to the flow of electric current through the skin and depends upon
resistance and reactance, while capacitance is the ability of a system to store charge which is
calculated from reactance only. A range of frequencies and different electrode geometries are
used to measure tissue water content. The electric field distribution depends on the complex
permittivity of the tissue, which depends on the distribution of polar materials (i.e. water or
ions) with depth through the various skin layers [82] which can potentially be influenced by

electrode geometry and frequency range. The Corneometer® (Model CM 825) consists of an
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interdigitated array of gold electrodes that are 75 um wide with an interdigitated spacing of 75
pum [88], covered by a low dielectric vitrified material of 20 um thickness that acts as the
capacitive layer [75], [76]. Depending on the Corneometer® model, its stated measurement
depth into skin varies between < 15 pum up to 45 pum, which is considered as a skin surface
measurement. In contrast, the MMD probe uses concentric electrode configurations to measure
deeper into the skin whereby the spacing between these concentric electrodes govern the
effective measurement depth (0.5 to 5.0 mm depth) (Fig. 1.6b) [84]. Interdigitated electrodes
compared to a concentric configuration reduce the contribution from the viable skin due to the
close spacing between the electrodes [89]. This suggests that electrode geometry and electrode

spacing of skin probes have an effect on the penetration depth measured.

The Corneometer® (Model CM 825) uses a frequency range of 0.9 - 1.2 MHz for its
measurement [75], [76]. Literature surrounding the Corneometer® claims a measurement depth
of < 15 um [81] so it can measure tissue water content of the SC layer, which was previously
mentioned to be 8 — 40 pum depending on various factors. In contrast, the MMD probe measures
tissue dielectric constant (TDC), a measure of the localised skin tissue water content and its
changes. This probe employs a frequency of 300 MHz and uses a concentric electrode
configuration to measure deeper into the skin [84]. At this high frequency the electromagnetic
wave reflected by the probe can measure both free and bound water in the tissue [84]. This is
assuming that at this high frequency the charge between the electrodes causes an electric field,
where the dipoles of free and bound water in tissue align themselves with the generated field
in order to measure water content. This suggests that measurements from the various
commercial skin probes are calculated based on the permittivity of the tissue, the penetration
depth based on the frequency range and geometry used. These parameters should be taken into
account when comparing studies that use these commercial skin probes. Other factors such as
device application pressure, anatomical site and environmental conditions should also be
considered when comparing studies conducted by different researcher groups since there is no
standardised protocol for measuring skin tissue water content. Another factor that can affect
skin probes would be interference on the skin surface. Substances present between the
electrodes and the skin such as oil and dirt may affect the readings. Despite these factors, skin
probes are useful tools for evaluating water content and water loss which have been related to
skin barrier function. For example, Angelova-Fischer et al. investigated tissue water content
and TEWL to assess the skin barrier function of AD sufferers [87]. They observed lower tissue

water content for AD sufferers, which increased steadily as the flare-up subsided indicating
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that the skin barrier was repairing itself [87]. An increase in TEWL was also observed for AD
sufferers, indicating that the damaged barrier was allowing water to evaporate at a high rate

from skin, while TEWL rates were lower in uninvolved (control) sites [87].

Another parameter that is important in skin barrier function is pH. The skin is known as the
“acid mantle” due to its acidic pH which contributes to its optimal barrier function and has
been broadly measured to be between pH 4.2 and 6.0 [90]. Research into pH and factors that
affect it depend on both the external and internal influences [91]. Changes in pH has
implications for the skin microbiome and enzymatic activity and elevations in pH can indicate
dysregulation of the skin barrier function [92], [93]. Luebberding et al. showed skin pH ranges
between 4.58 + 0.29 and 5.12 + 0.35 in healthy adult males and females, respectively [94].
However, disruption of the skin barrier function increases skin pH (pH > 6), and impairs
healing by allowing bacteria or fungi to thrive [95], [96]. As such, dramatic alterations in skin

pH can play a role in the pathogenesis of skin conditions.

pH is typically measured using a flat head potentiometric pH probe [93], [94], [97]. These pH
probes consist of a flat-topped glass electrode for full skin contact. It is connected to a voltmeter
that can measure the electrical potential due to the activity of hydrogen ions surrounding the
glass membrane at the top of the probe [94]. The glass electrode response is governed by the
Nernst equation, which is the relationship between the potential of the electrode and the
concentration of the hydrogen species in a redox reaction. By using the Nernst equation, it can
predict the cell potential of reactions that depend on pH and it predicts that for 1 unit change
in pH, the potential will change by about 60 mV. Thus the voltage generated by the probe
depends on the hydrogen ion concentration of skin. The measured skin pH is based on the
extraction of water-soluble components of the SC as well as secretions from sebaceous and
sweat glands [98], which reflects the skins barrier function. Another method to detect pH is
through colorimetric optical detection using pH sensitive dyes [99], [100]. In this case, pH
sensitive dye changes colour when it comes into contact with skin or sweat. The measured
colour change can be compared to a reference colour range which can be used to determine the
pH. Recently, Rogers and L’Oreal launched a prototype epidermal pH sensor based on pH
sensitive dyes. The platform harvests sweat from the skin surface and uses colorimetric pH
senstive dyes to optically measure pH. Their epidermal pH tracker uses a smart phone for
imaging the colorimetric dyes and an algorithm processes the colour change before and after
exposure to sweat is used to estimate pH [99]. This technique relies on a visual comparison of

the colour measured against a colour reference scale which would be advantageous and user-
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friendly when used in a wearable format for continuous monitoring. However, colour image
processing can be a challenge because lighting and image capturing methods can influence the

measured pH.

1.2.2 Skin matrices and their diagnostic opportunities for monitoring health

1.2.2.1 Sweat

Sweat is a matrix of analytical interest because of its accessibility as it can be easily generated
through exercise or it can be induced using the drug, Pilocarpine. There are three glands present
in skin: eccrine, apocrine and sebaceous glands. Gland distribution at the skin surface varies
across the body. Eccrine glands are distributed across the skin and have their functions in
excretion and thermoregulation by secreting water and electrolytes [101]. Apocrine glands
secrete proteins and odour precursors and are distributed on the axillae, areola of nipple, and
genital areas [102]. Sebaceous glands mainly secrete sebum which lubricates the skin and have
also been associated in the development of acne [103]. In this case, sweat is produced mainly
from the eccrine and apocrine glands [104], [105]. Sweat is composed mainly of water with
electrolytes, such as sodium and potassium, analytes such as urea and lactate as well as amines,
amino acids and metal ions [104]. Monitoring the change in analyte concentrations can
potentially act as indicators for clinical conditions or hydration status in athletes [11]. For
example, Cystic fibrosis (CF) is a disease that has been related to changes in the transport of
sodium and chloride resulting in the formation of mucus in organs such as lungs and intestines
[105]. It is clinically diagnosed through sweat chloride testing using pilocarpine iontophoresis
to stimulate sweat, which is then quantitatively analysed for chloride using a chloridometer
[106]. Other methods have been used to monitor this disease through sweat, such as the use of
a calix[4]arene based sodium ionophore to selectively detect Na* in sweat in the form of a
sweat sensor belt [107]. Participants wore this sensor during exercise to generate sweat and
used a patch of polyimide/lycra® blend to wick fresh sweat into the sensor platform where the
sodium ionophore selectively detected Na“ from sweat. It was observed that participants
suffering from CF had high levels of sodium [107]. This indicates that the sensor belt can
potentially be used to monitor sodium levels of individuals who suffer from CF. The use of
enzymes is another method to detect analytes from sweat. Analyte information such as lactate
from sweat can be detected using an enzyme-based approach. For example, an epidermal sensor
has been developed to selectively detect lactate in sweat using lactate oxidase (LOx) which

monitored lactate levels to evaluate anaerobic/aerobic status and assess physical fitness of an
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individual [23]. Wang’s group fabricated a screen printed epidermal sensor that utilises a 3-
electrode system, where the working electrode was functionalised with LOx and the resulting
sensor was used to record sweat lactate profiles during prolonged exercise via amperometric
methods [23]. Using this epidermal approach, dynamic changes in sweat lactate levels were
observed. Sweat has also been used to monitor pH change by utilising universal indicator dyes
such as bromothymol blue, methyl red and phenolphthalein as these dyes yield colorimetric
responses over the relevant range (pH 5.0 to 7.0) [99]. Rogers’ group have developed a
wearable microfluidic patch that used optical detection by recording the colour change before
and after exposure to sweat [108]. The research carried out developing this microfluidic pH
patch has led towards the optimisation and production of the My Skin Track pH which will be
discussed further in the section discussing epidermal sensors in this thesis. Overall, this
demonstrates that sweat is a matrix that can be easily accessed because sweat glands are present
all over the body and it can be used to detect analytes relevant to health. However, the main
limitation of using sweat as a diagnostic matrix is sweat volume generation. Individuals have
limited control in the amount and rate of sweat produced for sampling and analysis. Therefore
techniques such as pilocarpine delivery or exercise are typically employed to generate large

volumes of sweat.

1.2.2.2 Interstitial fluid (ISF)

The ISF is an attractive source of biomarkers. It is an extracellular fluid that surrounds tissue
cells and has become a promising alternative source of biomarkers that can also be found in
blood [109]. Analytes and small molecules found in blood and the surrounding vascularised
tissue, such as glucose [110] and lactate [111] are readily exchanged by diffusion into the ISF
[109]. As a result, the ISF is a good analytical skin matrix that can be used as a proxy for blood
sampling, offering valuable information about an individuals’ health. However, accessing this
fluid still requires minimally invasive methods such as reverse iontophoresis and microneedles.
One of the first commercially available electrochemical sensors was the GlucoWatch®. This
sampled the ISF using reverse iontophoresis and an enzyme to selectively detect for glucose.
It used reverse iontophoresis to extract glucose from skin, whereby current is passed over the
skin to drive glucose from the ISF towards the skin surface. A hydrogel disc containing glucose
oxidase (GOXx) selectively catalyse glucose molecules [110]. However, the production of the
GlucoWatch® was later discontinued due to errors in reading and skin damage due to multiple

hours of reverse iontophoresis [1]. Another method of sampling ISF is through the use of
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microneedles. Microneedles can be classified as solid, dissolvable or hollow and materials such
as metals and polymers have been used to produce microneedles [112]. However, the choice
in materials for microneedle fabrication is an important consideration because it should have
sufficient mechanical strength to penetrate the skin but it cannot be too fragile that the needle
might break in the skin. Microneedle lengths can vary between 250 to 2000 um [113]-{115]
which penetrate and create pathways through the SC layer of the epidermis. Hollow
microneedles are a sub-class of microneedles. It contains a hollow bore in the centre of the
needle whereby when inserted into the skin it produces a channel in the skin layers that can be
used for drug delivery or extract fluids [114], [116], [117]. One example used a silicone-based
hollow microneedle array that consists of 200-350 um tall needle shafts which was supported
by a glass substrate [117]. This hollow microneedle array was applied onto the earlobe used to
extract ISF and detect glucose using a commercial glucose testing strip placed in contact with
the reservoirs of the microneedle array. This type of microneedle was fabricated using a rigid
silicone material which can elicit a foreign body response if the microneedle tip breaks in skin.
Although, other alternative approaches for extracting ISF using microneedles have been
reported using soft polymer materials such as a swellable hydrogel microneedle platform based
on methacrylated hyaluronic acid [118]. In this type of microneedle, the biocompatible
hydrogel swells to extract ISF that contains the target metabolites such as glucose and
cholesterol. An efficient recovery method of these analytes from the hydrogel patch post the
extraction was critical for subsequent glucose and cholesterol analysis [118]. Despite being a
promising diagnostic fluid, reliable sampling of ISF is still a challenge and is a minimally
invasive technique. As well as this, microneedles damage the skin and thus induce
immunological responses that can cause localised skin irritation. However, a recent innovation
in microneedle sampling is the Abbott Freestyle® Libre™, a commercial wearable device that
extracts ISF for glucose monitoring and has been intended to replace blood glucose

measurements. This wearable sensor is discussed in more detail in section 1.3.3.

1.2.2.3 Skin volatile emissions

The human body emits hundreds of volatile organic compounds (VOCs) via the skin derived
from glandular excretions [22]. VOCs have currently attracted considerable scientific interest
as this matrix offers a promising non-invasive route towards monitoring and understanding
human physiology. These VOCs can reflect the metabolic conditions of an individual and can

be used to target disease-specific VOCs [119]. VOCs are emitted from the three skin glands:
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eccrine, apocrine and sebaceous glands which were previously mentioned in the section that
discussed sweat. Emitted VOCs are comprised of a variety of compound classes such as
alkanes, acids, alcohols, ketones and aldehydes that can be from both exogenous and
endogenous sources [47], [120]. It has been reported that using these volatile profiles can
potentially differentiate between healthy and diseased groups, such as melanoma [121]. To
sample VOCs from skin the volatile emissions are typically absorbed into porous materials
such as gauze [122] or polymer matrices [47] in a head space format. The collected VOC
samples are analysed via gas chromatography-mass spectrometry (GC-MS). However, due to
their low concentrations a suitable sampling method such as a pre-concentration step is
typically employed to enrich the target VOCs [123]. Head space, solid phase microextraction
(HS-SPME) pre-concentration is a sensitive, non-invasive, solvent free and easily performed
method for VOC sampling [22]. Skin VOCs sampling has been used to investigate volatile
emissions before and after SC barrier disruption [47] as well as unique volatile metabolic
profiles of melanoma [121]. It has also been used to establish predictors for malaria infection
[124] and has recently been studied for specific volatile emissions relating to Parkinsons
disease [122].

1.3 Current state of the art in wearable and epidermal sensing

Wearable sensors are dominated by commercial wrist watch sensors such as the Fitbit®. This
type of wearable physical activity monitor has become widely used to allow individuals to
monitor their physical activity. Recent research are moving beyond this by developing
innovative epidermal sensors that are leading to personalised health care. As previously
mentioned, the skin surface and other matrices can serve as “windows” into the metabolic
processes of the body. Translating this into wearable sensors can leverage this opportunity,
however the fabrication and development of these sensors comes with challenges. For example,
these type of sensors require soft flexible materials for mechanical stability when worn on the
body to achieve the goal of continuous real-time monitoring. Reliable sampling methodologies
are also important to consider in order to accurately detect and analyse the target biomarkers

from skin as well as the use of biocompatible materials with skin.

As mentioned earlier, the GlucoWatch® was one of the first wearable biochemical sensors that
was commercially deployed. This wearable device utilised hydrogel pads containing glucose

enzymes to selectively detect glucose extracted from ISF via reverse iontophoresis [110]. The
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glucose response was measured amperometrically by direct detection of H2O2 generated by the
GOx catalysed reaction on the surface of a Pt-graphite working electrode. However, the
GlucoWatch® ultimately failed as a product due to the repeated need for calibration and in
some cases an unusual tingling sensation or skin damage after multiple hours of reverse
iontophoresis [1], [110]. This demonstrates the challenges faced in the development of
wearable chemical sensors compared to physical wearable sensors. The next sections will

discuss the current innovations in wearable and epidermal sensing technology.

The emerging field of epidermal sensors presents an exciting opportunity to move away from
invasive sampling as well as have wearable sensors that more integrated to the body compared
to bulky wearable devices. Epidermal sensors are a sub-class of wearable sensors that are
directly adhered to skin. The research field of epidermal sensors have been dominated by
groups of Wang and Rogers among others. Interestingly, Wang and Rogers recently described
the SC as an information barrier from the point of view of epidermal sensing [1]. The skin and
other externally facing tissue surfaces are by design barriers to chemicals that can be used as
diagnostic biomarkers and therefore access to chemical analytes is only possible by measuring
fluids secreted from the body such sweat, tears and saliva [1]. Their groups have demonstrated
that epidermal sensing can be achieved by using methods such as reverse iontophoresis or
pilocarpine iontophoresis to extract these fluids from skin to detect target analytes [125]-[128].
However, other approaches for epidermal sensing has been achieved and other research groups
have shown that tracking the electrical changes of the SC can determine its effectiveness and
permeability as a protective barrier which is also important for health monitoring [14], [15],
[129], [130]. Another sensing approach using epidermal sensors track electrical activity such
as electromyography (EMG) or electrocardiography (ECG) [131]-[133].

Wang’s research group have reported several tattoo-based epidermal sensors that employs
screen-printing as a method of choice for fabrication. By directly screen-printing on to a
temporary transfer tattoo paper substrate, they create epidermal sensors that directly adhere
onto skin [134]. This group have developed screen-printable inks modified either for example
by dispersing carbon fiber segments within the inks to enhance tensile strength [134] or by
incorporating elastomeric materials such as polyurethane binders to induce stretchability [135].
These sensors rely methods such as defining electrode areas between the tattoo and skin to
facilitate the flux of fresh perspiration over the sensor [23] or hydrogel coatings (i.e. agarose
gel) on the electrode to contact the electrodes to skin to deliver the extracted fluid to the sensor

[127]. They have shown that these screen-printed electrochemical sensors have the potential
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for monitoring skin biomarkers such as ammonium in sweat [136] as well as glucose [127] and
alcohol from skin ISF [137]

Rogers’ research group has been another leading group in epidermal sensors. Their group has
spent time understanding and exploiting the characteristics of soft materials to design skin
conformal electronics and sensors. Their group uses lithography and etching techniques to
design thin, low-modulus and stretchable epidermal sensors using materials such as polyimide
and polymethyl methacrylate [14], [129], [138]. Innovative electrode geometries using
serpentine and fractal designs have also been used to enhance stretchability of the epidermal
sensors as well as encapsulation of these electrodes within soft polymer matrices to enhance
robustness [14], [55], [138], [139]. Their developments in electronics integrated with soft
materials for epidermal sensing have led to the deployment of two different epidermal sensors
into market, the UV skin patch (Fig. 1.1a) [24] and more recently My Skin Track pH (Fig.
1.1b) [25] co-developed with L’Oreal (La Roche-Posay).

Both of these research groups have fabricated and optimised epidermal sensors to focus on
changes in skin chemistry, such as using enzymes to target analytes from sweat as well as
tracking its concentration change [127], monitoring changes in skin pH [100] as well as
tracking alterations in the skins electrical properties due to hydration changes [15], [129]. These
epidermal sensors and their sensing techniques among others will be discussed in detail in the

next few sections.

1.3.1 Physiological monitoring via the SC

As previously discussed, the SC is a protective barrier against water loss. However, a damaged
skin barrier typically seen in skin conditions such as AD allows for water loss and penetration
of microbes and irritants. This causes excessive dryness and irritation of skin, therefore
monitoring the water content of this barrier is a parameter of interest for these skin conditions.

It can potentially predict and prevent flare-ups from manifesting or conditions worsening.

Several commercial skin probes are employed in clinical research to understand and
quantitatively evaluate the tissue water content of skin. However, currently these commercial
skin probes are expensive and not accessible to the individual. Therefore, researchers are
currently developing various epidermal platforms that can non-invasively monitor the skin
barrier function via its tissue water content to help personalise this type of measurement. Tissue

water content is typically characterized using skin impedance [14], [15], [55], [56], [140],
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thermal conductivity [140], [141] and raman spectroscopy [142], [143]. Impedance, represents
one of the most established forms of assessing skin barrier function as well as giving reliable
and direct measurements, due to the strong influence of water content on conductivity and
permittivity of the skin [55]. Commercial probes have demonstrated the use of impedance for
measuring tissue water content and now this approach is being used by epidermal sensors to

monitor skin tissue water content.

Rogers’ research group was the first to develop a truly conformable epidermal sensor that
utilises impedance to track electrical changes in skin that correlate to tissue water content. The
group uses lithography and reactive ion etching to fabricate an array of gold concentric
serpentine electrodes (Fig. 1.7a, top left, inset) coated in a thin polymer matrix (approx. 5 pum),
where both the serpentine design and polymer encapsulation was used to accommodate for the
mechanical strain put on the platform when worn on the body (Fig. 1.7a, top left) [14]. This
group have performed extensive studies using different patterns of stretchable periodic
serpentine or fractal geometries for conducting tracks to determine its impact on mechanical
strain. They have shown that different repeated line and loop patterns of conducting tracks can
achieve mechanical strain limits suitable for epidermal sensor use [138]. In particular, the
serpentine pattern commonly used as a conducting track in their epidermal platforms can
achieve elastic stretchabilities between 6 - 61%, which depends on the arc angle of the
serpentine patterns and application of the overall sensor platform [138]. Their group has used
this platform to perform impedance to determine tissue water content in skin using a frequency
range between 15 - 95 kHz, where they observed that their platform had the highest sensitivity
at low frequencies [14]. The impedances measured for the inner forearm ranged between 25
and 50 kQ, where an increase in impedance correlates to a decreased water content, which was
related to a decrease in electrical conductivity of the keratinized tissue (Fig. 1.7a, bottom left).
A MoistureMeterSC Compact (Delfin Technologies) was used to validate the epidermal sensor.
Shanshan et al. also fabricated an epidermal hydration sensor (Fig. 1.7b, top right). This
platform utilises an interdigitated electrode design based on soft conducting materials [15]. The
finger lengths of the electrodes were 20 mm with 2 mm spacing fabricated using a
polydimethylsiloxane (PDMS) mask. Silver nanowires dispersed in ethanol (average length,
10 um and diameter, 90 nm) were drop-cast into the area defined by the mask and was heated
to evaporate the ethanol [15]. This was then coated with another layer of PDMS to act as a
support for the electrodes and a self-adhesive substrate was used to attach the sensor to skin.

This platform utilises an interdigitated design, whereby the 90° bends would be considered
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points of fracture. The overall thickness of the device was not reported. In Rogers’ approach
the concentric electrodes had smooth edges and curves with a substrate thickness of approx. 5
pm, both of which were considered key to reduce mechanical strain endured by the platform.
Despite the geometry, when this interdigitated silver nanowires/PDMS was used as a strain
sensor and it was able to record capacitive change as a function of tensile strain up to 100%
which is far beyond that of a traditional thin film strain sensor [15]. This platform was also
used to measure skin tissue water content. It was capable of measuring impedances approx.
between 1 to 3 kQ on the inner forearm at 100 kHz (Fig. 1.7b, bottom right) [15]. These
impedance values were lower compared to measurements by Rogers’ serpentine gold hydration
platform, which was likely due to the differences in frequency range, electrode materials, and
geometries. Despite these differences in impedance values recorded, the relative change

observed for increasing and decreasing water content were the same.
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Figure 1.7 (a) Image of Rogers epidermal wearable based on concentric electrodes,
reproduced from [14] and Shanshan et al. epidermal wearable based on interdigitated
electrodes, reproduced from [15] and its corresponding data tracking electrical changes due

to changing tissue water content overtime.
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Another example of an innovative epidermal sensor is the UV skin patch co-developed by
Rogers with La Roche-Posay. The patch is an ultra-thin (approx. 600 um) breathable sensor
that contains UV sensitive dyes that change colour upon exposure to UV radiation. UV
radiation is comprised of UVA and UVB rays, where UVA rays penetrate deep into the dermis
layers of skin and UVB rays superficially penetrate into the epidermis [144]. However, UVA
rays are typically higher than UVB rays and literature data indicates that UVA rays potentially
contribute to skin ageing and skin cancer [145], [146]. Rogers’ group have proposed the use of
colorimetric chemistries for UV detection in their epidermal UV patch. The chemistry for the
UV detection involves a combination of a photoacid generator such as (4-
phenoxyphenyl)diphenylsulfonium triflate (PPDPS-TF) and colour changeable dyes such as
crystal violet lactone and Congo red for UVA and UVB detection [147]. The absorption of UV
photons by the photosensitive activator generates an activated species that induces a change in
the colour of the dye [147]. The photoacid generator is the PPDPS-TF, when it absorbs light it
becomes more acidic which is detected by the pH sensitive dyes and induces the colour change
in the UV patch, in this case the dyes change from colourless to bright colours with decreasing
pH [147]. The UV patch was fabricated by roller printing the reference colours on a permeable
polyurethane (PU) film (16 um), the UV ink and blockers are screen-printed on top. Below the
PU film a near field communications antenna was incorporated for wireless detection. This
ultra-thin UV patch uses an adhesive patch to adhere to skin and its elastic properties allow for
conformal contact with skin for continuous wear for up to 5 days. Optical imaging of the dyes
were done before and after UV exposure and the change in colour is quantified with regards to
the reference dyes. The application algorithm used was designed to determine the user’s UV
exposure by colour quantification as well as perform lighting correction [24]. It was validated
against UV dosimeters and their analysis show strong correlation between the commercial
dosimeters and UV epidermal patch picture analysis [24]. This UV skin patch was the first of
its kind to be used in a large population to investigate skin UV exposure across a range of

geographical locations.

Epidermal sensors have also been designed to intimately contact the skin to measure electrical
activity such as electromyography (EMG), electroencephalography (EEG) and
electrocardiography (ECG) [18], [131], [132], [148]. When monitoring electrical activity in the
body via the skin, understanding the electrode-skin interface is crucial as this can determine
the quality of the signal [149], [150]. Typically wet or semi-wet electrodes are used for these

applications, however it would be more ideal to develop a wholly dry electrode system for this
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application, given the deleterious drying effects over time for wet electrodes [15], [150]. For
example, Greco et al. demonstrated the fabrication of conductive nanosheets by inkjet printing
poly(3,4-ethylenedioxythiophene) polystyrene sulfonate (PEDOT:PSS) as temporary tattoo
electrodes [131], [132]. The PEDOT:PSS tattoo electrodes had an overall thickness between
600-1200 nm and were capable of intimately contacting the rough skin surface, maximising
the sensing area (Fig. 1.8a, top left) [132]. When the platform was subject to mechanical stress,
the first stretch applied to the epidermal tattoo caused an irreversible change in resistance and
an incomplete recovery to resistance was observed after 10% strain [131]. Although the sub-
micrometre thickness of the tattoo nanosheets allowed for ultra-conformability to the complex
surface of the skin, its functionality is limited by the amount of mechanical stress endured.
These tattoo electrodes were used for surface electromyography (SEMG) and the recorded
signals were compared with those recorded by state-of-the-art pre-gelled Ag/AgCl electrodes.
Time domain and spectrograms of the EMG signals recorded during three series of grasping at
different pressures (2, 3, 5 psi) (Fig. 1.8a, bottom left) and the measurements for both tattoo
EMG electrodes and standard gel electrodes matched well at all contraction levels [131].
Another example of measuring electricity activity via the skin was demonstrated by Ren et al.
where magneto-rheological lithography was used to fabricate microneedle array electrodes
(MAE) [148]. These microneedle arrays were connected to conducting serpentine patterns
directly printed on a 25 pum thick polyethylene terephthalate (PET) film to form the electrode
platform (Fig. 1.8b, top right). Utilising the serpentine design with a thin substrate enhances
the mechanical deformability and prevents fracture by decreasing the induced strain [148]. This
epidermal wearable platform used 500 um length needles to overcome the resistance of the SC
barrier and reduced motion effects ensuring reliable monitoring of bio-signals. The electrode-
skin interface impedance was monitored between 20 Hz and 10 kHz and its performance
measuring different electrical signals were evaluated. The flexible MAE was able to record
ECG, EMG and EEG signals. However, the dynamic ECG signal recorded by the flexible
epidermal microneedle array was the most distinguishable and introduced the least signal noise
(Fig. 1.8b, bottom right) [148]. This demonstrates the potential of a wearable microneedle
arrays for ECG monitoring. However, as discussed earlier microneedles are a minimally
invasive approach of contacting skin that have the potential to elicit an immune response which

is not ideal.
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Figure 1.8 (a) Image of the PEDOT:PSS based epidermal sensor on forearm and comparison
of the EMG signals recorded by the epidermal sensor versus standard gel electrodes during a
series of different contraction levels, reproduced from [131] and (b) image of the epidermal
microneedle array during flexing and adhered on the forearm as well as the comparison of
electrical signals recorded by the epidermal sensor against standard wet and dry electrodes,

reproduced from [148].

1.3.2 Biomarker analysis in sweat

As previously discussed, sweat is a sampling matrix that is easily accessible and can be
conveniently sampled from different locations of the body. Epidermal sensors have exploited
this which has led towards innovative sweat sampling approaches and in-situ analyte detection.
Wang’s research group has used iontophoresis to deliver a sweat inducing drug and subsequent
enzyme-based detection for alcohol monitoring in sweat [126]. This tattoo platform consists of
iontophoretic electrodes and a 3-electrode electrochemical cell, whereby the electrode system
consisted Ag/ AgCl reference electrode while the counter and working electrode were printed
with conductive carbon [126]. Alcohol oxidase (AOx) was then enzyme used to selectively
detect ethanol from sweat. It was immobilized on the working electrode by drop-casting with
bovine serum albumin (BSA) and chitosan, which was covered with agarose gel containing
phosphate buffer saline (PBS) to provide consistent and stable electrolyte level. This enzyme-
based detection relies on a Prussian-Blue mediator to detect changes in current due to the

production of H.O> generated from the AOx enzymatic reaction based on alcohol content of
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the skin. Initially, calibration plots were obtained using 3 mM increments of the ethanol
concentration, up to 36 mM in the buffer solution which corresponded to ethanol levels in sweat
[126]. On-body alcohol monitoring with participants using this epidermal sensor was validated
against a commercial breathalyser and has shown that it was capable of detecting changes in
current related to alcohol consumption. However, it was noted that even though the participants
consumed the same amount of alcohol, the blood alcohol content measured by the breathalyser
varied which was attributed to their different alcohol metabolisms. Overall, this group has
shown proof of concept of an epidermal sensor that monitors alcohol levels from sweat using
enzyme-based detection which can potentially be used for continuous monitoring to warn

individuals when they have consumed their alcohol limit.

A non-enzymatic approach for sweat analysis was demonstrated by Zaryanov et al. by
modifying a commercial screen-printed sensor to selectively detect lactate [128]. The
commercial screen-printed sensor has a carbon working electrode and carbon counter
electrode. The working electrode was modified by electropolymerization of 3-
aminophenylboronic acid (3-APBA) on to the electrode surface [128]. Phenylboronic acids
(PBA) have been known to selectively bind to compounds with 1,2- and 1,3- diol
functionalities, such as sugars and a-hydroxls such as lactate [151]. In order to reduce the
influence of interference and further improve affinity to lactate, molecular imprinting (MIP) of
lactate was also utilised. In MIP, 3-dimensional cavities are created within a polymer matrix
complementary to size, shape, and functional group orientation of the target molecule [128],
[152]. The size and shape of these cavities allow the target molecule to occupy the space for
selective detection. By using PBA and MIP, the group has modified the sensor to selectively
detect lactate in sweat. This modified sensor uses impedance to measure the response of the
electrodes and an equivalent circuit was used to extract the resistance value attributed to lactate.
It was observed that relative resistance decreased, as lactate concentration increased and lactate
detection using the modified sensor is possible in the range from 3 to 100 mM, which
corresponds to its concentration in human sweat [128]. However, this modified sensor was not
subjected to in-vivo testing. The sweat was collected from participants using a Macroduct
Sweat Collector, which uses pilocarpine to induce sweat production. This sensor was validated
against a biosensor that uses enzyme-based detection and it was observed that the lactate
concentration in sweat obtained by the modified sensor was in good correlation with the values
obtained by the reference method. This demonstrates that a modified sensor that utilises PBA

and MIP was valid for selective lactate detection in human sweat.
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Another example of sweat analysis was through the use of ion-selective electrodes (ISE)
integrated into a wearable platform. Glennon and co-workers have used a sodium ionophore
to selectively detect Na* ions potentiometrically in sweat (Fig. 1.9a) [10]. Their prototype
epidermal platform uses a microfluidic chip that contained an absorbent material to wick sweat
from skin and across modified screen printed carbon electrodes. This microfluidic chip was
housed in a pod-shaped platform so it can be worn on the body similar to wearing a watch. In
their study, the ISE and reference polymer membranes were prepared by drop-casting these
onto screen printed carbon electrodes before being placed in the housing unit [10]. During on-
body trials, the platforms were pre-primed before use with 10* M NaCl to provide full contact
with the electrodes and skin as well as establish a stable baseline to enable the arrival of sweat
to be observed as a rapid increase in signal. The detection of sweat was observed as an increase
in potential as Na* concentration increases. This wearable platform relies on an adjustable strap
tightly wrapped around the limb to keep the device from losing contact with the skin and to
ensure a steady flow of sweat was wicked towards the electrodes for detection. In order to
generate high volumes of sweat, the participants were required to perform high intensity
exercise with the wearable device strapped to their limb. This group has shown a novel
wearable approach using a housed microfluidic chip that enables real-time potentiometric

detection of Na* concentrations in sweat.

Figure 1.9 Images of the (a) components for SWEATCH, a sodium detection platform and how

it is worn on the arm, reproduced from [10] and (b) epidermal sensor that uses a detachable
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microfluidic system and a phone system for wireless communication and acquisition to detect

various analytes in sweat, reproduced from [108].

Epidermal sensors have also been developed to detect sweat pH. The pH of sweat ranges from
pH 5-6 and becomes more acidic with evaporation which is controlled by lactic acid and its
volatile derivatives such as acetic and propionic acid, while sweat becomes alkaline due to
ammonia build up linked to bacterial action [91]. Wang’s group have developed an epidermal
platform for real-time potentiometric monitoring of pH in sweat [153]. This epidermal sensor
uses a polyaniline-based solid-contact ISE on screen printed electrodes printed on temporary
tattoo paper to fabricate a pH sensitive wearable. For proper contact between the two electrodes
and analyte solution, a rectangular-shaped region was defined around the reference and ISE
electrodes. Polyaniline, a conducting polymer can be used to detect pH through its electrical
response. The pH-sensitive conductivity of polyaniline is due to the reversible protonation
process between the emeraldine salt and base forms [154]. The resulting platform showed rapid
and near-instantaneous potentiometric responses to pH changes between pH 3-7 during in-vitro
testing, which encompasses the pH range of human sweat [153]. Real-time pH sensing using
this platform was carried out on a participant on a stationary bike and has shown that 10 min
of cycling was required before a response was generated by the tattoo platform indicating that
a high sweat flow was required to establish a stable pH reading [153]. However, once a high
rate of sweat was generated, this platform was capable of detecting sweat pH that correlated

with a glass pH electrode.

Sweat pH monitoring has also been integrated with Ca?* detection. Ca?* levels in sweat are
dependent on pH [155], [156] and low levels of Ca?* has been linked with hypocalcemia [157].
Nyein and co-workers have used an electrode array for their epidermal sensor which was
patterned on PET using photolithography and then coated in an insulation layer. The electrode
areas for Ca?* detection and pH detection were defined using photolithography. This research
group also used polyaniline for detecting pH changes, while a calcium ionophore-based sensor
was used to selectively detect Ca?* in the same platform [155]. Real-time on body trials using
this epidermal platform required the subjects to cycle for 10 min to generate enough sweat for
analysis. It was observed that the measured potential on the Ca* electrode decreased as Ca®*
concentrations decreased and potential increased on the pH electrode as pH decreased. Real-

time on-body analysis shows that concentrations of Ca?* decreased with increasing pH which
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was consistent with inductively coupled plasma - mass spectrometry (ICP-MS) and pH probe
measurements [155], [157]. These on-body results affirm the potential of epidermal sensors in
personal healthcare and in this instance real-time continuous analysis can alert the wearer

regarding excessive loss or rise of electrolytes.

Rogers and co-workers have also recently developed a sophisticated epidermal wearable
devices for sweat sampling and analysis. Their wearable chemical device was fabricated using
lithography techniques as well as utilise thin, soft silicone materials such as PDMS to form the
microfluidic system that samples and analyses sweat [99], [108]. This epidermal sensor was
capable of sensing multiple parameters in sweat such as total sweat loss, pH, lactate, chloride,
and glucose [99], [108]. Their first iteration of the microfluidic platform had the colorimetric
sensor embedded in the device. Designated reservoirs contained the colorimetric assays to
detect pH, chloride glucose, and lactate. A universal pH indicator that includes dyes such as
bromothymol blue to produce a colorimetric response for pH detection, while colorimetric
detection of chloride involved competitive binding between Hg?* and Fe?* with 2,4,6-tris(2-
pyridyl)-s-triazine (TPTZ) [99]. In the presence of chloride ions, iron ions (Fe?*) bind with
TPTZ, whereas Hg?* participates as HgCI2, thereby inducing a change in colour. Glucose and
lactate concentrations were analysed by enzymatic reaction and the colour change induced by
these reactions was used to correlate the concentration of the analytes to the relevant
concentration in sweat. However, this platform was limited to single use and it did not afford
real-time tracking of changes in analyte concentration because the reservoirs containing the
colorimetric assays were embedded in the platform [99]. This issue was since resolved by
developing a disposable microfluidic system that can attach/re-attach to and from the platform
using small magnets (Fig. 1.9b) [108]. The microfluidic layer containing the colorimetric
reagents and enzymes can be detached from the layer containing the electronic components via
small magnets. In this new iteration, the platform detects glucose and lactate based on the
generated electrical signals proportional to their concentration in a manner similar to the
operation of a biofuel cell where the catalysis or enzymatic activity is used for energy
production [108]. This eliminates the need for a potentiostat. The lactate sensor for example,
uses an anode that consists of carbon nanotube (CNT) paper to provide a conductive, high—
surface area substrate to immobilize LOx enzyme for selectively catalysing lactate oxidation
and the redox mediator, tetrathiafulvalene for shuttling electrons between enzyme active sites
and the underlying CNT paper [108]. Chitosan and polyvinyl chloride membrane coating was

used to minimize leaching of the enzyme and the mediator from the electrode. A similar
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approach was used for the glucose sensor, however GOx enzyme was directly dispersed in
Nafion to ensure rapid interaction of glucose with the enzyme due to high ionic conductivity.
The voltage generated across these biofuel cell-based sensors was proportional to the
concentration of the glucose or lactate present. The colorimetric aspect of the epidermal device
utilises silver chloranilate, which complexes with chloride ions to generate a species with a
distinct purple colour when intensity is proportional to the chloride concentration and pH-
sensitive dyes was used for determining pH. The change in colour was compared to colour
reference markers, lightness values for the chloride assay and the R value from a red, green,
blue (RGB) colour model for the pH assay. The resulting epidermal platform combines the use
of an electronic and microfluidic functionality in one platform that simultaneously monitors
multiple parameters which is highly advantageous and has culminated in the commercial
development of the wearable pH sensor, My Skin Track pH (Fig. 1.1b).

1.3.3 Biomarker analysis in ISF

ISF is a matrix that is a rich source of biomarkers because it fills extracellular space in tissues,
which means that ISF biomarkers can provide systemic information due to their origins in
blood [158]. There are limited techniques for ISF sampling, including reverse iontophoresis
[110], [159], suction blisters [160], [161], and microneedle patches [111], [114], [158], [162],
[163]. As previously discussed, the Glucowatch® was an example of a wearable sensor for
extracting ISF using reverse iontophoresis. However, this sensor was discontinued because
long periods of reverse iontophoresis caused skin damage. Suction blistering is another
approach to extracting ISF, a vacuum is applied to a skin area. The suction separates the dermis
and epidermis, and fluid from the surrounding tissues fills the gap, creating a blister and the
blister fluid is extracted with a needle. This approach is time consuming because a vacuum has
to be achieved in order to form the blister. It is also uncomfortable because it forms a pocket
of fluid that could burst and become infected.

Recently, innovations in microfabrication and materials have progressed the development of
microneedles into diagnostic sensors that can access ISF. For example, Bollella et al. have
demonstrated the fabrication of a microneedle array for simultaneous monitoring of lactate and
glucose in ISF [111]. This microneedle array was comprised of polycarbonate and consisted of
64 microneedles arranged as 4 x 4 arrays. Three of the arrays have been metallized in gold by

electro-deposition of Au-multiwalled carbon nanotubes, while one array was metallized in
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silver [111]. The gold electrodes were further modified by electropolymerization of methylene
blue which functions as a mediator for the LOx and FAD-Glucose dehydrogenase enzymes.
The LOx and FAD-Glucose dehydrogenase enzyme were drop-cast on separate microneedle
arrays. To electrochemically characterise the microneedles, the modified microneedle arrays
were tested on chitosan/agarose hydrogel embedded with artificial ISF. Amperometry was used
to detect the enzymatic reactions from the surface of the microneedles. The lactate working
electrode was capable of detecting linear ranges between 10 — 100 uM, while the glucose
working electrode detected a linear range between 0.05 — 5 mM [111]. Their work has
demonstrated the potential of However, these tests were carried out on artificial ISF in hydrogel
skin mimics therefore further tests are required to evaluate the biocompatibility of these

microneedle arrays in vivo.

As previously mentioned, hollow microneedles are a sub-class of microneedles that contains a
hollow bore in the centre of the needle whereby when inserted into the skin it produces a
channel in the skin layers. This class of microneedle has been used for drug/therapeutic delivery
[164], [165] and extraction of fluids [114], [117], [166]. Recently, hollow microneedles have
been modified by integrating responsive materials or miniaturised sensing systems within the
hollow bore of the microneedle. For example, Miller et al. developed a hollow microneedle
sensor where each bore had been filled with a modified carbon paste material that was tailored
to detect pH, glucose, or lactate [167]. Flat flexible cable assemblies were used to prepare the
sensor devices and laser ablation was used to create openings in the polyester insulating layer
to the tin-plated copper conductors. These openings were filled with the modified carbon
pastes. One of the modified pastes was a glucose oxidase paste that consisted of GOx mixed
with polyethyleneimine, rhodium on carbon and mineral oil, similar materials were also used
to fabricate the lactate oxidase paste but LOx was used for selective detection of glucose [167].
The pH paste consisted of graphite, mineral oil and a Fast Blue RR salt. The hollow
microneedles were comprised of an acrylate-based polymer and the hollow microneedle pattern
was fabricated using a lithography approach. These hollow microneedles were aligned and
adhered on top of these openings with double-sided tape. This was tested in a 3-electrode
chemical cell against Ag/AgCl reference and Pt counter electrodes. Glucose and lactate were
detected based on enzymatic reactions and this sensor was capable of detecting concentrations
between 2 to 12 mM for both analytes. For detecting alterations in pH, a pH range of 5to 8
and the response was measured by evaluating the shift of the anodic peak potential position of

the quinone moiety on the immobilized Fast Blue RR salt [167]. Many implantable continuous
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monitoring systems succumb to biofouling when adhered to skin, therefore a coating material
was investigated. Lipidure®, a copolymer of butyl methacrylate and 2-methacryloyloxyethyl
phosphorylcholine, was chosen as the coating material. Uncoated and Lipidure® microneedles
were tested and it was observed that there was uniform macrophage coverage on the uncoated
materials; on the other hand, the coated materials displayed little to no biofouling [167]. This
group demonstrated the fabrication of a hollow microneedle-based sensor that was capable of
detecting multiple analytes in physiologically relevant tissue environments as well as reduce
biofouling by using a biocompatible polymer coating. This microneedle array can potentially
be used as an epidermal sensor for multiple analyte detection in ISF but further studies would

be required to determine its sensing capabilities in-vivo.

Ribet et al. developed another interesting example of a hollow microneedle integrated with an
electrochemical sensor for glucose monitoring [162]. This hollow microneedle patch consists
of a miniaturized electrochemical sensing probe and a single silicon-based needle (700 pum,
length). The developed sensor is a 3-electrode electrochemical enzymatic- based glucose
sensor, where platinum electrode deposition was employed to fabricate the 3 electrodes, while
GOx and BSA was used to functionalise the working electrode. To crosslink the enzymatic
membrane, glutaraldehyde was used. This modified electrode was slotted into the hollow
needle and by facing the sensing electrodes on the tip of the hollow needle towards the dermal
space of skin, real-time measurements can potentially be performed. As a proof of concept,
amperometric in-vivo performance of the electrode was tested on a human forearm. It was
observed that this microneedle sensor had a similar trend with the blood glucose data collected
via finger prick method, with only approximately 10 min of lag time between their microneedle
sensor and commercial glucometer [162]. These research groups have shown the potential of
microneedle platforms for the extraction and analysis of ISF using innovative designs and
materials. However, their studies did not fully address the issue of safety and the possibility of

pain or discomfort caused by insertions into skin.

A less invasive approach of extracting ISF was through the use of reverse iontophoresis to
extract ISF by passing a current over the surface of the skin. Wang’s research group have
presented an enzyme-based epidermal tattoo platform that combines reverse iontophoretic
extraction of glucose from ISF and amperometry to detect changes in current due to glucose
levels [127]. Similar to their epidermal alcohol sweat sensor, this epidermal glucose sensor also
uses an enzyme, GOx and Prussian-Blue mediator. It was important to ensure proper contact

between the skin and the platform during reverse iontophoresis for efficient glucose extraction
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and to avoid skin irritation. Therefore additional Ag/AgCI reverse iontophoresis electrodes and
hydrogel coatings were incorporated for efficient extraction and delivery of ISF to the
electrodes [127]. This epidermal sensor was able to linearly respond to glucose between 10 -
100 puM, which is broadly within range of blood glucose levels (3-8 mM healthy people and 2-
40 mM in diabetics [168]). As proof of concept, the epidermal glucose sensor was used for on-
body trials where glucose levels were monitored before and after food consumption and was
found to be capable of detecting spikes in glucose levels due to food consumption. However, a
delayed sensor response was observed due to the low current density (0.2 mA/cm?) used to
extract the ISF which slowed down extraction causing a lag in the observed glucose response
[127]. Glucose levels in the ISF closely follow blood glucose, albeit with a slight time delay
which has been estimated to be between 5-10 minutes [169]. Wang’s research group had to
compensate for this sensor lag by asking the participants during on-body trials to fast, followed

by food consumption to detect the spike in glucose levels.

Wang’s research group has further modified an epidermal platform for simultaneous detection
of analytes in sweat and ISF using a single epidermal platform. This epidermal platform
demonstrates induction of sweat via transdermal pilocarpine delivery, alongside extraction of
the ISF [125]. The dual iontophoretic system combining two iontophoretic operations was
demonstrated, for the first time, with iontophoretic ISF extraction at the cathode compartment
and iontophoretic delivery of the sweat-inducing pilocarpine agent at the anode compartment
(Fig. 1.10). This iontophoretic-based sensor was based on two mechanisms, electrorepulsion
and electro-osmosis. The epidermal sensor delivers the positively charged pilocarpine drug at
the anode by electrorepulsion (iontophoretic delivery), allowing the delivered drug to generate
sweat, which was localized at the pilocarpine loaded gel in the anode compartment [125].
Simultaneously, cationic electro-osmotic flux toward the cathode was due to the overall
negative charge of human skin, leading to the migration of positive ions and of neutral

molecules, such as glucose [125].
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Figure 1.10 Schematic representation of the iontophoretic set-up of the epidermal platform for
simultaneous monitoring of alcohol in sweat and glucose in ISF from skin, reproduced from
[125].

This dual measurement epidermal sensor incorporated an amperometric biosensor at the anode
to measure alcohol in generated sweat, while the another biosensor at the cathode detected the
extracted ISF glucose [125]. Both electrodes were composed of a screen-printed
electrochemical cell using Prussian blue mediator, the corresponding enzyme bioreceptors
(GOx for glucose and AOx for alcohol), and chitosan for enzyme immobilization. On-body
tests involved the consumption of food and alcoholic beverages to induce spikes in blood
glucose and alcohol levels. The subjects showed an increased response in blood glucose and
alcohol levels. Although, this prototype was demonstrated on healthy subjects, future efforts
using this glucose-alcohol sensor will focus on larger population studies for monitoring glucose
and related alcohol effects in diabetes and pre-diabetes subjects. This new hybrid platform

shows the potential of a dual fluid sampling and analysis platform.

Abbott have recently launched a wearable glucose monitoring system called the Freestyle®
Libre™ [170]. This device (35 mm x 5 mm) houses a thin microneedle which can be inserted
into skin to access the ISF and can wirelessly monitor glucose levels over 14 days [170], [171].
This wearable glucose monitoring system uses enzyme-based electrochemical detection using

a screen printed platform. This wearable system is worn on the upper arm and a hand-held
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reader is used to scan the sensor to receive a glucose result along with historic results with a
15-min frequency for up to 8 h [170]. The device has been evaluated against blood glucose
measurements and has shown that the Freestyle® Libre™ has an overall accuracy similar to
continuous blood glucose monitoring [170], [172], with a mean lag time of 4.5 - 4.8 min
between the Freestyle® Libre™ and reference blood glucose meter [170].This was a
considerably shorter lag time compared to the previously discussed epidermal platf