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Self-Extracting Dextran-Based Hydrogel Microneedle Arrays
with an Interpenetrating Bioelectroenzymatic Sensor for
Transdermal Monitoring with Matrix Protection

Bastien Darmau, Marta Sacchi, Isabelle Texier,* and Andrew J. Gross*

Continuous glucose monitors have revolutionized diabetes management, yet
such devices are limited by their cost, invasiveness, and stability. Microneedle
(MN) arrays could offer improved comfort compared to invasive implanted or
mm-sized needle devices, but such arrays are hampered by complex
fabrication processes, limited mechanical and sensor stability, and/or
cytotoxicity concerns. This work demonstrates the first crosslinked hydrogel
microneedle-bioelectroenzymatic sensor arrays capable of biomarker
extraction and robust transdermal continuous monitoring in artificial
interstitial fluid for 10 days. The fabrication process via micromolding of
dextran-methacrylate (Dex-MA) and dry-state visible light crosslinking is
simple and permits the robust fixation of diverse prefabricated electrodes in a
single array. Dry-state crosslinking minimized material shrinkage to enable
the formation of resistant Dex-MA microneedles with shape control and
reproducibility. The polymer substitution level (9–62%) and mass content
(10–30 wt%) affect the mechanical, swelling, and bioelectrocatalytic
properties of the integrated sensors. Crosslinked Dex-MA hydrogel matrices
provide beneficial cytotoxicity protection and flux-limiting membrane
properties to the integrated second generation dehydrogenase-based
nanostructured buckypaper biosensor and Ag/AgCl reference electrodes.
Polysaccharide-based microneedle technology with encapsulated porous
bioelectrodes promise to be a valuable alternative to more invasive devices for
safer and longer-term biomarker monitoring.
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1. Introduction

Next-generation wearable sensors capable
of minimally invasive long-term monitor-
ing of biomarkers promise to substan-
tially improve personalized medicine, tele-
health and digital therapeutics.[1] Commer-
cial enzyme-based electrochemical biosen-
sors that exploit glucose-oxidizing redox
enzymes such as glucose oxidase (GOx)
and flavin-dependent glucose dehydroge-
nase (FAD-GDH) to drive signal transduc-
tion have revolutionized the management
and treatment of diabetes.[2,3] GOx is the
gold standard enzyme while FAD-GDH has
emerged more recently due to advantages
such as insensitivity to oxygen (in con-
trast to GOx) and high substrate selectiv-
ity and reactivity. Enzymes offer attractive
prospects for sensing such as high reactiv-
ity under mild conditions and exquisite se-
lectivity for biomolecules.[4] Nevertheless,
enzymes and enzyme-electrode interfaces
have deficiencies relating to their stability
and activity that greatly limit their practical
use, especially for continuous monitoring
in vivo. Substantial advancements in pro-
tein engineering,[5,6] electrode design with
nanomaterials such as carbon nanotubes

(CNTs)[7–9] and hierarchically meso/macro-porous carbons,[10–12]

and electrical enzyme “wiring” strategies,[9,13] are helping to ad-
dress these limitations. Advanced porous electrodes with nanos-
tructured surfaces and sophisticated surface chemistries have be-
come essential for improving mediated and direct electron trans-
fer (MET and DET) reactions for second and third generation
biosensing and monitoring.[13]

State-of-the-art wearable continuous glucose monitoring
(CGM) devices are capable of quasi-continuous monitoring in
vivo in subcutaneous interstitial fluid (ISF) for up to 7–14 days.
Relevant examples of commercial CGM devices include the Ab-
bot Freestyle Libre, Medtronic Guardian, and Dexcom G series
that employ GOx as the glucose-oxidizing enzyme. Currently,
CGM devices have limited sensor lifetime, stability, and preci-
sion, and rely on 5–11 mm long invasive needles to access the
ISF.[14] Monitoring is performed in the deeper hypodermis layer,
also known as the subcutaneous fat layer, that is not ideal for
biomarker monitoring due to factors such as its variable cellular
composition and low fluid content.[15,16] For example, the high
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content of adipocytes (fat cells) as well as nerves, fibroblasts and
other connective cells can hinder biomarker mass transport and
fluid flow, affecting response times and reliability. In contrast,
the dermis has a lower cellular content, higher ISF content,
proximity to capillaries, and is less deep in the skin structure.
The development of CGM devices capable of monitoring in
dermis is therefore of interest.

ISF has established diagnostic value for diverse biomark-
ers with excellent correlation to blood glucose levels.[14,16,17]

While many analytes may correlate well, particularly low molec-
ular weight species with high diffusivity, this is not necessar-
ily the case for larger molecules and proteins that can be more
problematic, for example, due to paracellular transport filter-
ing effects.[16,17] Electrochemical biosensor research is largely fo-
cused on glucose for practical and financial reasons. There is also
significant interest in the development of sensors for the moni-
toring of biomarkers such as lactate,[18] ketones,[19] and nitrate,[20]

due to their diagnostic value. Future second and third genera-
tion body-integrated biosensors, relying on MET and DET mech-
anisms, respectively, should provide improved comfort, safety,
and analytical performance.

Microneedle (MN)-based electrochemical sensors with needle
heights of 20–2000 μm may provide the solution to the use of
more invasive implantable and wearable mm-sized needle-based
devices.[21,22] MN sensors are also an attractive alternative to
noninvasive reverse iontophoresis devices that extract biomark-
ers via electroosmosis with limitations such as discomfort and
extraction efficiency.[23,24] MN arrays can penetrate the stratum
corneum and the viable epidermis without reaching nerve end-
ings or capillary blood vessels, for painless access to dermal ISF.
MN biosensors have been developed for in situ analysis[14,18] or
for ex situ analysis after laborious extraction procedures.[25,26]

Enzyme-based electrochemical biosensors have been integrated
in solid,[14,18,27–29] hollow,[30–34] or more recently, hydrogel MN
devices.[35,36]

Solid microneedles coated with metallic and biocatalytic lay-
ers are popular for electrochemical biosensing.[18,21] Coated MNs
provide direct access to ISF for rapid analysis. Limitations in-
clude toxicity and stability concerns related to leaching, debris,
and/or the direct contact of electrodes with internal tissues. Thin
film metal electrodes are typically employed that have limited sur-
face area and electrochemical potential window stability. Nanos-
tructured Au and CNT coatings have been applied to solid MNs
to enhance the electroactive surface area.[28,29] High surface area
electrodes can enable higher biocatalyst loadings (e.g., enzyme
and redox mediator) to increase the current output (sensor sig-
nal). The pore structure plays an important role in bioelectro-
catalytic reactions; for example, mesopores can be desirable to
achieve high enzyme loading, stabilization and electron transfer
efficiency, while larger pores (e.g., macropores) favor faster mass
transport.[10,13] Highly porous Au coatings with pores of ≈25 μm
size provided well-defined catalytic current signals and permitted
CGM for 12 h on artificial skin.[28] Tehrani et al. elegantly devel-
oped Pt-coated MNs comprising an enzyme-chitosan sensor layer
with an external biocompatible synthetic polymer coating.[14] The
fabrication process was complex but scalable and permitted CGM
for 12 h and 5 h on artificial and human skin, respectively. Free-
man et al. recently developed a third generation lactate sensor
that employed a porous carbon-coated biosensor with a Ag/AgCl

reference electrode in a multiarray MN design comprising 1 mm
long needles.[18] Continuous monitoring was demonstrated for
2.5 h on skin in human trials.[18]

Hollow microneedles are solid MNs comprising hollow chan-
nels that permit ISF extraction to electrodes positioned inside
or at the back of the channels. The channels can offer physical
protection to electrodes but are less effective for skin penetra-
tion compared to solid MNs. The hollow cavities are also prone
to blockages. The access to ISF is less direct compared to solid
MNs, resulting in longer activation (“pre-heating”) and body-to-
sensor lag times.[37] Mohan et al. reported an alcohol biosensor
comprising a metal wire inserted into a MN channel that was sub-
sequently modified with alcohol oxidase, chitosan, and the fluo-
ropolymer, Nafion.[38] Biosensing was demonstrated in artificial
skin but monitoring beyond 1 min was not reported.[38] Wind-
miller et al. and later Teymourian et al. packed biocatalytic carbon
paste electrodes in hollow MNs for lactate and glucose sensing,
respectively.[31,34] Synthetic polyvinyl chloride membranes were
used to facilitate CGM for ≈6 h in artificial ISF.[34] Parrilla et
al. reported a versatile MN biosensor compatible with screen-
printed electrodes.[30] The Nafion-coated bioelectrode was taped
to the back of 1 mm long synthetic polymer MNs to achieve
CGM in buffer for 7.5 h with a mass transport-enhancing syringe
pump.[30]

Hydrogel or “hydrogel swelling” microneedles are the lat-
est type of MNs to emerge for transdermal (in situ) or ex
situ biosensing.[25,35,36,39] In the dry state, the hydrogel MNs
should provide sufficient mechanical strength to penetrate the
skin with minimal force. After penetration, the polymer hydro-
gels adsorb ISF via osmotic forces through their porous hy-
drophilic networks. Hydrogel MNs are typically fabricated us-
ing synthetic polymers such as Gantrez and polyethylene gly-
cols (PEGs) via low-cost and scalable micromolding.[36,40] Polysac-
charides and their derivatives offer attractive properties includ-
ing exceptional swellability, biocompatibility, sustainability, and
biodegradability.[41,42] On the other hand, polysaccharides gener-
ally exhibit limited mechanical strength and chemical resistance.
For example, hydrogel MNs based on hyaluronic acid, without
crosslinking, dissolved completely within 10 min in mouse skin
ISF.[43] The first hydrogel MN biosensors, an important inspi-
ration for this work, exploited the swellable properties of hy-
drophilic crosslinked MNs to extract ISF for ex situ analysis after
biomarker extraction from the MNs.[25,44]

To the best of our knowledge, there are only two reports
where an enzyme-based electrochemical sensor has been com-
bined with hydrogel MNs for transdermal biomarker detection
and/or monitoring.[35,36] Caliò et al. reported a crosslinked
PEG-diacrylate/enzyme-based MN array prepared using multi-
step lithography.[36] The biosensor electrode was integrated via
thin film gold deposition directly on the hydrogel, apparently
without an adhesion layer to stabilize the electrode layer. The
sensor permitted glucose detection up to 4 mmol L−1 levels,
below the requirements for practical glucose sensing where
blood glucose levels of diabetic patients can be 30 mmol L−1.[2]

The sensor appeared to be prone to electrode delamination,
enzyme leaching, and risks associated with cytotoxicity via
leaching and/or direct contact of Fc and enzyme with internal
skin tissues. More recently, Zheng et al. reported micromolded
UV-crosslinked hyaluronic acid-methacrylate MNs containing
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Figure 1. The integrated biopolymer hydrogel-bioelectroenzymatic sensor concept that involves skin penetration then transdermal ISF extraction and
glucose transport from the dermis layer to a three-electrode bioelectrocatalytic sensor. Sensor transduction relies on mediated bioelectrocatalytic glucose
oxidation at a buckypaper-based bioelectrode (working electrode, WE) with an immobilized FAD-GDH enzyme and an orthoquinone redox mediator
(PLQ) positioned within a covalent chemically crosslinked Dex-MA hydrogel matrix. The concept benefits from polymer interpenetration into the 3D
porous buckypaper bioelectrode.

maltose as an “osmolyte” to drive ISF extraction from mouse
skin.[35] The bioelectrode was positioned at the back of the device
without an apparent robust integration process. Detection over
a limited range up to a glucose concentration of 8–16 mmol L−1

was demonstrated. Continuous monitoring was not reported.
Further limitations include the risk of osmolyte leaching and the
limited storage stability of the hygroscopic MNs. Considering
the report of Park et al., dry-state UV-crosslinked hyaluronic acid
MNs that dissolve rapidly are insufficiently robust for longer
term continuous transdermal monitoring over several weeks.[45]

In this study, we extend the recent use of synthetic polymers
and degradable biopolymer hydrogels to a strategy that focusses
on the fabrication of highly crosslinked polysaccharide MNs
with restricted swellability and high resistance. To the best of
our knowledge, no hydrogel MN array has been developed that
enables transdermal enzyme-based biosensing beyond a few
minutes, due to limitations in the materials and electrodes
employed. We move away from the use of complex fabrication
methods and synthetic polymers to instead focus on simple and
ecofriendly processes with biosourced materials. The transder-
mal hydrogel microneedle-bioelectroenzymatic sensing concept
explored here relies on the skin application of a microneedle ar-
ray that (i) penetrates the skin, (ii) enables dermal ISF extraction
to the integrated electrodes via osmosis, and (iii) permits second
generation enzyme-based electrochemical detection and contin-
uous monitoring of glucose (and eventually other biomarkers)
in the ISF (Figure 1). The swellable hydrogel microneedles were
constructed using chemically crosslinked dextran-methacrylate
(Dex-MA). Buckypaper was chosen as the electrode material to
construct the biosensor working electrode (WE) due to properties
such as its high surface area and high conductivity, as well as
attractive properties for wearable devices such as low thickness
(e.g., 5–300 μm) and weight, and some bendability. Buckypa-
pers are self-supporting sheets of randomly entangled carbon
nanotubes with a 3D porous nanostructure that is conducive
for the immobilization and electrical contact of enzymes and
guest molecules for bioelectrocatalytic reactions.[9] Here, the
paper-like buckypaper electrode was coated with phenanthroline

quinone (PLQ) and fungal FAD-GDH, and employed as the
working electrode (WE, BPPLQ-GDH). Phenanthroline quinone
is an electron transfer mediator that enables electron transfer
between the electrode and the enzyme for second generation
bioelectrocatalytic glucose sensing. Fungal FAD-GDH is now
widely employed in commercial glucose test strips for glucose
oxidation, but to the best of our knowledge, not yet used for
continuous glucose monitoring devices. Unlike GOx, FAD-GDH
is O2 insensitive and could therefore be employed to offer
higher bioelectrocatalytic efficiency for second generation CGM
devices.

The microneedle-electrochemical biosensor array is envisaged
here for transdermal glucose monitoring, but could be expanded
for the monitoring of alternative biomarkers via the simple in-
sertion of alternative bioelectrodes. Interestingly, this approach
opens up the possibility to integrate reference (RE) and counter
(CE) electrodes in the same microneedle array to achieve a con-
venient and practical fully integrated (e.g., three-electrode) mon-
itoring device.

2. Results

2.1. Synthesis and Characterization of Crosslinked Dex-MA
Hydrogel MNs

A series of photocrosslinkable methacrylate-modified dextran
polymers (Dex-MA) were prepared with different degrees of
substitution (DS = 9–62%) via an aqueous synthesis protocol.
Until now, to the best of our knowledge, dextran methacrylation
required the use of toxic organic solvents, reagents and/or or-
ganic catalysts, inert gas, and reaction times of > 10 h.[42,46,47] The
reaction was achieved here using small amounts of methacrylic
anhydride (MAh) at pH 9–11 in air for ≤ 1 h (Figure 2A). The re-
action proceeds via nucleophilic attack from the hydroxyl groups
of dextran (Dex) at the carbonyl groups of MAh, with methacrylic
acid formed as the byproduct. Polymers with different DS were
obtained using different number equivalents of MAh (0.0625–
0.5 eq.). The FTIR spectra of Dex and Dex-MA confirmed the

Adv. Healthcare Mater. 2025, 14, 2403209 2403209 (3 of 17) © 2024 The Author(s). Advanced Healthcare Materials published by Wiley-VCH GmbH

 21922659, 2025, 2, D
ow

nloaded from
 https://onlinelibrary.w

iley.com
/doi/10.1002/adhm

.202403209 by C
ochrane France, W

iley O
nline L

ibrary on [26/01/2025]. See the T
erm

s and C
onditions (https://onlinelibrary.w

iley.com
/term

s-and-conditions) on W
iley O

nline L
ibrary for rules of use; O

A
 articles are governed by the applicable C

reative C
om

m
ons L

icense

http://www.advancedsciencenews.com
http://www.advhealthmat.de


www.advancedsciencenews.com www.advhealthmat.de

Figure 2. A) Reaction scheme for (1) aqueous Dex-MA synthesis and (2) visible light-induced chemical crosslinking of Dex-MA to obtain covalently
crosslinked Dex-MA hydrogels (DS = 9–62%). B) FTIR spectra of Dex and Dex-MA polymers. C) Swelling ratio (SR) and D) insoluble weight fraction
(IW) at equilibrium for crosslinked Dex-MA materials prepared with 10–30 wt% polymer in 0.01 mol L−1 PBS pH 7.4 with 1% LAP. SR and IW data is
presented as mean ± SD (n = 3). Statistical significance was calculated using one-way ANOVA; NS, ≥ 0.05, **p < 0.01 and ***p < 0.005.

presence of the characteristic ─OH and ─CH2 groups as well as
the emergence of ester bonds due to incorporated methacrylate
groups (Figure 1B). 1H NMR was used to determine the DS
values and confirm the formation of high purity Dex-MA (Figure
S1, Supporting Information). The reaction was very efficient
compared to existing protocols. For example, yields of 85–90%
after ≤ 1 h of reaction were obtained in contrast to yields of 70–
90% after 48 h of reaction in organic solvent under a nitrogen
atmosphere.[46] A basic pH was maintained to ensure the high
reactivity of the hydroxyl groups.

Chemical crosslinking was achieved by light irradiation for
1 min at 𝜆 = 405 nm with polymer formulations containing
1 wt% phenyl-2,4,6-trimethylbenzoylphosphinate (LAP) as the
photoinitiator in 0.01 mol L−1 phosphate buffer saline (PBS) pH
7.4 (Figure 2A). LAP offers improved water solubility, cytocom-
patibility and visible light reactivity compared to common Ir-
gacure derivatives.[48,49] Crosslinking was performed in the solid
state (“dry-state”) as opposed to the more conventional crosslink-
ing of hydrogels in solution (“wet-state”).[25,35,40,42] In this study,
“dry-state” refers to hydrogel materials that were dried at room
temperature for 24 h to remove water. In contrast “wet-state”
refers to equilibrium buffer swollen hydrogel materials. This
strategy was chosen to minimize material shrinkage to facilitate
the fabrication of complex microneedle structures using highly
swellable materials.[41,45]

The crosslinked Dex-MA materials exhibited equilibrium
swellability ratios (SRs) ranging from 40.2 ± 1.5% to 124 ± 6.1%
in 0.01 mol L−1 PBS pH 7.4, depending on the polymer DS and

mass fraction employed (Figure 2C). The decrease in swellability
with increasing polymer DS is consistent with an increase in the
crosslinking density of the material. The increased crosslinked
density is enabled by the higher number of methacrylate groups
present on the polymer. The decrease in swellability with an
increasing amount of polymer is consistent with an increased
crosslinking density due to the high density of methacrylate
groups in the more concentrated formulation. The SRs are high
compared to crosslinked PEG-based materials and very low com-
pared to methacrylate-crosslinked hyaluronic acid and dextran
hydrogels that exhibited “super-swelling” SRs in the range of
200–900% or 5000%.[42,45] The significantly lower SRs obtained
here underline a particularly high efficiency of the dry-state Dex-
MA crosslinking reaction. The obtained Dex-MA materials ben-
efitted from a high density of crosslinks with intimate inter-
twining and stacking interactions between polymers in the solid
state.[42]

The stability of the crosslinked Dex-MA hydrogels was eval-
uated at room temperature in 0.01 mol L−1 PBS pH 7.4
(Figure 2D). The hydrogel weight loss corresponds to leakage of
uncrosslinked Dex-MA, unreacted LAP and its byproducts, and
chemical degradation, e.g., via hydrolysis of methacrylate ester
bonds.[50] The unmodified native dextran completely dissolved
in a few minutes. In contrast, high insoluble weight fractions of
78–92 ± 2% were observed after 7 days for Dex-MA hydrogels,
consistent with robust crosslinked polysaccharide materials, for
example, compared to previously described methacrylated dex-
tran and hyaluronic acid-based hydrogels.[42,45] In the first and
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Figure 3. Microfabrication scheme to obtain Dex-MA MNs via PDMS micromolding with a vacuum manifold and dry-state visible light photocrosslinking.

only report of Dex-MA MNs, to our knowledge, crosslinked Dex-
MA hydrogels (DS = 20%) exhibited IWs of ≈ 66–88% after 36 h
in 0.01 mol L−1 PBS.[42]

The mechanical properties of dry crosslinked Dex-MA hy-
drogels were determined by compression tests to investigate
their skin perforation ability. Stress–strain curves were recorded
for the crosslinked materials obtained from formulations pre-
pared with different polymer DS (9–62%) and mass fraction (10–
30 wt%). Figure S2 (Supporting Information) shows representa-
tive stress–strain curves obtained for dry Dex-MA hydrogels pre-
pared with DS = 9% and DS = 37%. The dry crosslinked Dex-
MA and Dex materials exhibited compression modulus values
ranging from ≈35 to 330–340 MPa that increased as the polymer
mass fraction increased from 10 to 30 wt% (Table S1, Supporting
Information). These values are higher than the ultimate tensile
strength values 0.1–28 MPa reported for human and animal skin
samples, and therefore promising with respect to the envisaged
skin penetration application.[51,52] The polymer DS had no signif-
icant effect on the compression moduli while Dex exhibited sim-
ilar compression moduli to the crosslinked Dex-MA materials.
The mechanical properties of the dry crosslinked Dex-MA mate-
rials are therefore governed by the intrinsic interactions and en-
tanglement between dextran chains as opposed to the inter-chain
covalent crosslinks.

2.2. Fabrication of Crosslinked Dex-MA Hydrogel MNs and Their
Characterization in Solution and Artificial Skin

Dex-MA microneedle arrays were fabricated via a simple and
convenient micromolding procedure with dry-state visible light
crosslinking, as illustrated in Figure 3. Briefly, Dex-MA formula-
tions prepared in 0.01 mol L−1 PBS pH 7.4 with 20 wt% polymer
and 1 wt% LAP were cast into PDMS molds (Figure S3, Support-
ing Information) obtained from Al master templates (Figure S4A,
Supporting Information).

A vacuum manifold was used to effectively fill the microcavi-
ties of the PDMS mold with the polymer formulation with mini-
mal air bubbles. After drying at room temperature in air, the poly-
mer formulation was crosslinked in the dry-state in the PDMS
mold for 1 min at 𝜆 = 405 nm (75 mW cm−2), then the Dex-MA
MN array was obtained after demolding. The various dimensions
of the Al MN master templates are illustrated and summarized
in Figure S4 and Table S2 (Supporting Information), respectively.
A high resolution digital image of the Al master (design A) with
790 ± 3 μm MN heights is shown in Figure 4A. Images of the var-
ious Al master designs used in this work are shown in Figure S5
(Supporting Information). Unless stated otherwise, all MN data
reported herein was obtained using the Al master design A with
790± 3 μm needle heights. Furthermore, unless stated otherwise,
all hydrogel MNs were obtained using formulations containing
20 wt% polymer and 1 wt% LAP in 0.01 mol L−1 PBS pH 7.4.

The micromolding with dry-state crosslinking process permit-
ted the convenient fabrication of crosslinked Dex-MA hydrogel
MN arrays with well-defined “pencil tip” needle structures from
polymers with DS = 9–62%. Figure 4B shows a representative
example of a Dex-MA (DS = 9%) MN array with microneedle
lengths of 783 ± 4 (design A). Images of MN arrays prepared
with different dimensions, and a summary of the experimentally
determined critical dimensions for various MN arrays, are
available in Figure S6 and Table S3 (Supporting Information),
respectively. For all MN arrays, 6 of the 7 critical dimensions
varied by less than 4% compared to those of the corresponding
Al master template. All 7 dimensions exhibited a repeatability
of < 1 RSD% (n = 3). The needle tip diameter, the exception
to the rule, was consistently 19–22% smaller compared to the
theoretical dimension based on the Al master. The reduction
in tip size is beneficial since sharper structures require less
force for penetration. The unexpected “pencil sharpening” effect
may be due to localized shrinkage effects due to ineffective
solvent removal at the tips during the precrosslinking drying
step, but this was not studied further. By comparison, wet-state
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Figure 4. A–F) Digital images for (A) Al master and (B) dry Dex-MA hydrogel MNs (DS = 9%). C,D) Dex-MA MNs (DS = 9%) and (E, F) Dex-MA MNs
(DS = 62%) before and after equilibrium swelling in 0.01 mol L−1 PBS pH 7.4. G) Force–displacement curves obtained for MNs (DS = 37%): design A
(purple), B (red), and C (green), with (inset) experimental set-up sketch. H) Digital image of perforated artificial skin model (hard skin: 24 wt% gelatin:
1 wt% agar) after application of Dex-MA hydrogel MNs (DS = 9%).

crosslinked Dex-MA MNs suffered from major issues with mate-
rial shrinkage and cracking (Figure S7, Supporting Information)
hence the use of dry-state crosslinking proved critical.

Digital images recorded at individual MNs before after PBS
swelling to equilibrium revealed the impact of swelling on the
microstructure of the MNs (Figure 4C vs 4D and Figure 4E vs
4F). For the high swellability Dex-MA MNs (DS = 9%) with SR
= 95%, the dimensions expand significantly by up to ≈100%
(Figure 4C,D). In stark contrast, for the highly crosslinked MNs
(DS = 62%) with SR = 42%, the dimensions expanded by a maxi-
mum of only ≤ 1%. The swelling expansion data for the Dex-MA
MN arrays, prepared with different designs, is shown in Table
S4 (Supporting Information). The dimension expansions after
swelling in 0.01 mol L−1 PBS pH 7.4 are different at different
points on the fabricated microstructures. This is consistent with
anisotropy in the crosslinked hydrogel, for example, due to a gra-
dient of crosslinking densities.

The skin penetration performance of dry MN arrays was
evaluated by compression testing and simple perforation tests.

Figure 4G shows the force–displacement plot obtained for MN
arrays (DS = 37%, 20 wt%) subjected to a force up to 50 N against
a flat metal support. The test is demanding, considering the
average compression force exerted by a user of a MN device on
soft matter (skin) is evaluated to be ≈8 N.[14] A short-lived quasi-
linear displacement curve was observed at low compressive force
that transitioned to a stable linear slope (≈45 N mm−1) at a force
of > 2 N for the three different MN designs. Digital images
obtained after the compressive test revealed some flattening of
the MN tips (Figure S8, Supporting Information). A maximum
loss in needle height of 8.9 ± 1.6% was observed (Table S5, Sup-
porting Information). No further evidence of material fracture
or breakage was observed.

The capacity of the MNs to penetrate skin with an applied ver-
tical load of 2 kg was qualitatively evaluated using an artificial
“hard” skin model comprising 24 wt% gelatin, 1 wt% agar, and
75% 0.01 mol L−1 PBS pH 7.4. Note: details regarding the devel-
opment and optimization of the “hard” and “soft” skin models
are available in Figure S9 and Table S6 (Supporting Information).

Adv. Healthcare Mater. 2025, 14, 2403209 2403209 (6 of 17) © 2024 The Author(s). Advanced Healthcare Materials published by Wiley-VCH GmbH
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The artificial skin models comprising PBS or ISF were used here
as simple but convenient mimics of the dermis to demonstrate
skin penetration and fluid swelling before future validation on an
animal/human model.[53] Skin models prepared with 0.01 mol
L−1 PBS pH 7.4 rather than artificial ISF were employed for skin
penetration tests due to their optical transparency. Figure 4H and
Figure S10 (Supporting Information) show examples of the pen-
etration profiles that remain in the skin model after application
and removal of the MN device. The images obtained for MNs
prepared with different designs display the general expected pen-
etration profiles. 3D laser scanning microscopy of a penetration
profile obtained from a Dex-MA (DS = 9%, 20 wt%) hydrogel MN
array provided experimental evidence for qualitatively homoge-
neous skin penetration (Figure S11, Supporting Information).

2.3. Characterization and Second Generation Bioelectrocatalytic
Glucose Sensing with a Nanostructured Buckypaper Biosensor
in Buffer and Artificial ISF

Self-supporting carbon nanotube buckypaper bioelectrodes have
emerged as attractive porous electrodes for wearable bioelectro-
catalytic sensors owing to their large specific surface area and
high electrical conductivity, flexibility, biocompatibility, and thin
form factor (≈200 μm thick).[7–9] Here, we employed a lab-made
carbon nanotube buckypaper bioelectrode as the biosensor that
was prepared via vacuum filtration fabrication and drop-coating
modification protocols. After surface modification, an electrical
wire was attached to the back of the buckypaper electrode via
carbon paste to permit the electrical connection of the electrode
to the potentiostat. The carbon paste and conducting wire con-
tact were subsequently coated with an insulating silicone paste
layer. We employed a bioelectrode architecture that employed an
orthoquinone as the redox mediator, phenanthroline quinone,
and fungal FAD-glucose dehydrogenase. This type of bioelec-
trode, herein referred to as BPPLQ-GDH, was previously reported
as a catalytically active but limited stability bioanode for biofuel
cells.[7] Here we explore the development and optimization of the
buckypaper bioelectrode for low potential second generation glu-
cose biosensing and CGM. In principle, a wide range of medi-
ators and/or enzymes can be immobilized at buckypaper elec-
trodes via the drop-coating protocols, although this was not in-
vestigated here.

Figure 5A shows the randomly entangled and porous nanos-
tructured morphology of the buckypaper bioelectrode compris-
ing multiwalled carbon nanotubes. The presence and electro-
chemical accessibility of the redox mediator was evaluated by
recording cyclic voltammograms (CVs) in 0.1 mol L−1 phosphate
buffer (PB) pH 7.4 at BPPLQ-GDH (Figure 5B) and BPPLQ (Figure
S12, Supporting Information) electrodes in the presence and ab-
sence of immobilized enzyme, respectively. The o-quinone/o-
hydroquinone redox mediator at the 6 mm diameter electrodes
gave well-defined responses at different scan rates in the absence
and presence of the enzyme. The closely spaced redox couples are
considered to be independent 2-electron redox processes due to
the neutral pH and buffer content.[54] The linear Randles–Ševčík
plots of peak current versus scan rate confirm the surface-bound
nature of the physically adsorbed quinone mediator (Figure 5C;
Figure S12, Supporting Information). The peak-to-peak separa-

tion values (ΔEp) of ≤ 85 ± 5 mV at 1 mV s−1 at BPPLQ-GDH
are consistent with attractive apparent electron transfer kinetics.
The electrochemical parameters such as the half-wave potential
(E1/2), ΔEp, background capacitance (Q), and mediator surface
coverage (ΓPLQ) determined in simple and complex buffers are
summarized in Table S7 (Supporting Information).

After enzyme immobilization, a threefold decrease in the back-
ground capacitance, an increase in the ΔEp, and no significant
change in ΓPLQ was observed for the comparative experiment per-
formed in 0.1 mol L−1 PB (BPPLQ versus BPPLQ-GDH). The insu-
lating glycosylated protein shell of the enzyme therefore partially
blocked charge transfer at the bioelectrode interface. In more
challenging chloride-containing artificial ISF and 0.01 mol L−1

PBS, the E1/2 values for the quinone couple shifted by ≈ +0.08 V
while the surface concentration decreased twofold compared to
the values obtained in 0.1 mol L−1 PB. The significant diminution
in the surface coverage appears to be related to solvent/electrolyte
interactions that, for example, provoked leaching, but this was
not studied further. The potential shift originated from the chlori-
nated Ag wire pseudo-reference electrode whose potential varied
with the Cl− concentration. Note: further discussion and experi-
mental data to validate the pseudo-reference electrode shifts are
available in Figure S13 and Table S8 (Supporting Information).

The bioelectrocatalytic glucose oxidation response in simple
buffer solution and complex artificial ISF at pH 7.4 was subse-
quently explored toward the transdermal biosensing application.
Well-defined sigmoidal-type voltammograms were observed at
BPPLQ-GDH at 1 mV s−1 in both 0.1 mol L−1 PB and artificial
ISF in the presence of a high (saturating) glucose concentration,
as shown in Figure 5D,E, respectively. Steady–state catalytic cur-
rents of 1.68 ± 0.06 and 0.46 ± 0.04 mA cm−2 were obtained in
0.1 mol L−1 PB and artificial ISF, respectively. The important loss
in catalytic output is consistent with the presence of additional
inhibiting, deactivating, and/or fouling species in the complex
ISF medium. The catalytic current outputs nevertheless remain
large (≈0.45 mA cm−2) and reliable due to the efficient electrical
wiring of the enzyme and the high surface area and conductivity
of the buckypaper electrode (Table S9, Supporting Information).
Similar catalytic currents were obtained in the absence of oxygen
(Figure S14 and Table S9, Supporting Information), consistent
with the well-known oxygen insensitivity of this fungal dehydro-
genase.

Amperometric glucose sensing was initially explored at fixed
potentials of Eapp = −0.3, −0.1, and 0.1 V versus Ag/AgCl under
hydrodynamic conditions (500 revolutions per minute, rpm).
We targeted the development of a glucose biosensor capable of
operating at low potentials to minimize electro-oxidative inter-
ferences. Figure 5F shows how the steady–state catalytic current
increased with increasing glucose concentration until a classical
glucose-saturating plateau was reached at high concentrations.
The saturation current occurred at a glucose concentration of
≈0.1 mol L−1 for the three potentials explored. The correspond-
ing fixed potential chronoamperograms (CAs) used to determine
the catalytic currents are available in Figure S15 (Supporting
Information). The potential has a negligible effect on the current
output at low glucose concentrations. At high concentrations
of ≥ 25 mmol L−1, higher catalytic currents were achieved with
increasing applied potential due to the increasing driving force
and consequent reaction efficiency. The improved reaction is
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Figure 5. A) SEM image and (inset) digital photograph of the BPPLQ-GDH electrode. B,C) CVs and corresponding peak current versus scan rate plot
for BPPLQ-GDH in 0.1 mol L−1 PB pH 7.4 at varying scan rates: 1 mV s−1 (red), 5 mV s−1 (green), 10 mV s−1 (red), and 20 mV s−1 (blue). The peak
current versus scan rate plot data is presented as mean ± SD (n = 3). D,E) CVs of BPPLQ-GDH in 0.1 mol L−1 PB and artificial ISF at pH 7.4, respectively,
recorded at 1 mV s−1 in the absence (dash) and presence (solid) of 0.1 mol L−1 glucose. F) Glucose oxidation current versus concentration plotted from
fixed potential CA recorded at BPPLQ-GDH in 0.1 mol L−1 PB pH 7.4 at Eapp = 0.1 V (i, green), −0.1 V (ii, red), and −0.3 V (iii, black) versus Ag/AgCl at
500 rpm. The CA current versus concentration plot data is presented as mean ± SD (n = 3). G) Fixed potential CAs recorded at BPPLQ-GDH at Eapp =
0 V (i, yellow), −0.1 V (ii, green), −0.2 V (iii, red), and −0.3 V (iv, blue) versus Ag/AgCl in 0.1 mol L−1 PB pH 7.4 at 500 rpm with sequential addition
of 1) 5 mmol L−1 glucose, 2) 0.2 mmol L−1 acetaminophen, 3) 1 mmol L−1 cholesterol, 4) 8 mmol L−1 urea, 5) 2 mmol L−1 lactate, 6) 0.3 mmol L−1

galactose, 7) 0.5 mmol L−1 uric acid, 8) 0.1 mol L−1 ascorbic acid, then a repeat addition of 1). H) CGM by CA in artificial ISF with 5 mmol L−1 glucose
at 0 V versus Ag/AgCl.

explained by a more effective electrochemical re-oxidation of
the reduced quinone at high substrate concentrations. The
results highlight an important benefit of using higher applied
potentials; for example, the possibility to expand the upper limit
of the linear dynamic range from 25 mmol L−1 (Eapp = −0.3 V) to
35 mmol L−1 (Eapp = 0.1 V) versus Ag/AgCl. The sensitivity, limit
of detection and response time were relatively independent of
the applied potential (Table S10, Supporting Information). The

ability to increase the upper concentration limit of the biosensor
is important since the blood glucose concentration in diabetic
patients can be as high as 30 mmol L−1.[2] It is noted that blood
glucose levels are generally in the range of 4–8 mmol L−1.[2]

Under quiescent conditions, smaller bioelectrocatalytic cur-
rents and a decrease in sensitivity were observed compared to
the experiments performed under hydrodynamic conditions.
The applied potential had a less significant impact under this

Adv. Healthcare Mater. 2025, 14, 2403209 2403209 (8 of 17) © 2024 The Author(s). Advanced Healthcare Materials published by Wiley-VCH GmbH
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“flux limited” substrate condition. Under quiescent conditions,
the glucose flux was reduced and the dynamic sensor range
became linear up to 50 mmol L−1 (Figure S16, Supporting Infor-
mation). The biosensor performance characteristics determined
under quiescent conditions are also summarized in Table S10
(Supporting Information).

The selectivity of the BPPLQ-GDH biosensor was evaluated in
artificial ISF containing physiologically relevant 5 mmol L−1 glu-
cose. For these experiments, glucose was first added, followed
by the incremental addition of 7 potentially interfering species
at physiologically relevant ISF concentrations, followed by a fi-
nal 5 mmol L−1 glucose addition. Figure 5G shows the amper-
ometric responses obtained at 4 different fixed potentials in the
range of −0.3 to 0 V versus Ag/AgCl. Fixed potentials of −0.2 or
−0.1 V versus Ag/AgCl are preferred for minimizing the com-
bined electrochemical interference of ascorbic acid (AA, ascor-
bate) and uric acid (UA, urate) to < 10% of the initial glucose
response (6.0% and 6.8%, respectively). An interference level of
10% is generally considered acceptable.[2] For example, at −0.1 V,
the UA interference is negligible while AA oxidation provokes
the 6.8% interference level. For the more extreme applied po-
tentials of 0 and −0.3 V, the combined interference level was
unacceptable at ≈25% (Table S11, Supporting Information). At
−0.3 V, for example, the glucose response is strongly affected by
the electrochemical reduction of both UA and AA, while for the
more positive potentials, the principle electrochemical interfer-
ence was the oxidation of ascorbic acid. Note: supplementary ref-
erences relating to the composition of the ISF interferents are
cited in Supporting Information. At the end of each 30 min ex-
periment, a second addition of 5 mmol L−1 glucose was made
to evaluate the glucose sensor response. After the second glu-
cose addition, a catalytic glucose oxidation current was again ob-
served but with notable catalytic current losses. For Eapp = 0 and
−0.3 V, the glucose current response was 91.5% and 24.5% that
of the initial glucose addition, respectively (Table S11, Support-
ing Information), hence there is an important trade-off between
driving force and minimizing electro-active interferences in ISF
media. The notable catalytic current losses can be attributed
to numerous factors relating to the 8 added potential interfer-
ences, ranging from steric affects, e.g., biofouling, that can im-
pede glucose diffusion to/from the enzyme or electro-oxidation
of PLQ, to side reactions or local pH changes that affect the re-
activity of PLQ and/or the enzyme. Based on these studies, a
fixed potential of −0.1 V in artificial ISF versus Ag/AgCl pseudo-
reference was chosen as a compromise to maximize the trans-
duction signal while minimizing electroactive interferences and
other side reactions resulting from the presence of the interfering
species.

The CGM performance of the buckypaper bioelectrode was
subsequently evaluated in artificial ISF with 5 mmol L−1 glucose
at the optimized applied potential of −0.1 V versus Ag/AgCl wire
(Figure 5H). The biosensor exhibited a respectable monitoring
performance that lasted 3.5 ± 0.3 days. The CGM performance
is promising for a GDH-based electrode operating in artifi-
cial ISF, considering that the bioelectrode has no protecting
and/or diffusion-limiting polymer membrane. For comparison,
Tsujimura et al. demonstrated CGM for 3 days with a GDH-
modified Os-based redox-hydrogel bioelectrode operating in
simple PBS.[12]

2.4. Dex-MA Microneedle-Electrochemical Glucose Biosensor
Arrays

A “dual-state” electrode integration and MN crosslinking pro-
cess was developed that permitted the robust encapsulation of a
single (Figure 6A) or multiple (Figure 7A) electrodes in a single
MN array. The term “dual-state” refers to the use of (i) wet-state
electrode integration, and (ii) dry-state photocrosslinking. The
dual-state process relies on the simple insertion of prefabricated
electrodes in a slightly more viscous Dex-MA polymer formula-
tion than used previously to obtain Dex-MA MNs (Section 2.2.).
To facilitate the positioning of the electrode(s) in the MN device,
a partial drying step was employed to increase the viscosity of
the polymer formulation. After complete drying then visible
light crosslinking, the electrodes became fixed in the crosslinked
Dex-MA matrix of the MNs. After demolding and flipping of
the integrated MN device, an additional 1 min irradiation step
was performed vis-à-vis the needle tips (perpendicular to the
MN base plate). The second irradiation step was employed to
ensure that the needle structures were exposed to irradiation for
at least 1 min without hindrance due to the presence of opaque
electrodes in the MNs.

2.4.1. Single Bioelectrode (MN-WE) Devices for Transdermal
Detection in the Artificial Soft Skin Model (4 wt% Gelatin with
1 wt% Agar)

Initial characterization studies focused on single bioelectrode
MN devices (MN-WE) for transdermal sensing with external
Ag/AgCl pseudo-reference and Pt wire counter electrodes.
Figure 6B,C shows photographs of a typical MN-WE device.
High resolution digital images of MN-WE devices prepared with
crosslinked Dex-MA (DS = 62%, 20 wt%) are shown in Figure
S17 (Supporting Information). The MN-WE devices prepared
with 20 wt% formulations exhibited the same level of shape fi-
delity and repeatability as observed previously for Dex-MA MNs
prepared without an integrated WE (Section 2.2). The MN-WE
devices exhibited ≥ 96% correspondence to the Al master tem-
plates, except for the ≈20% narrower needle tips, and a repeata-
bility of< 1.2%RSD for all measurements (Table S12, Supporting
Information). The electrode integration process with the two-
step irradiation process had no notable impact on the fabrication
of Dex-MA MN arrays. Based on needle rupture experiments, the
distance between the WE and the base of the MNs was roughly
estimated as < 10 μm (Figure S18, Supporting Information). In
this configuration, the number and dimensions of the needles
employed would affect the extraction process (e.g., kinetics) and
therefore preheating time, but not the volume of ISF analyzed.

The ability of MN-WE devices to osmotically extract fluid and
produce reliable electrochemical activity was initially confirmed
by cyclic voltammetry in 0.1 mol L−1 PB at pH 7.4 (Figure S19,
Supporting Information). The CVs recorded for MN-WE devices
prepared from Dex-MA polymers with different DS are similar.
The estimated electrochemical parameters, including the back-
ground capacitance and ΓPLQ, were similar for the MN devices,
despite the different swellabilities and mechanical properties of
the hydrogel matrices (Table S13, Supporting Information). Note:
the peak potential shift and differences in terms of the closely
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Figure 6. A) Electrode integration scheme to obtain Dex-MA hydrogel MNs with a single integrated BPPLQ-GDH bioelectrode (MN-WE). B,C) Digital
microscopy images of the MN-WE device, and D) digital photograph of an applied MN sensor device on artificial skin. E–G) CVs recorded at 1 mV s−1 at
MN-WE (DS = 37%) with external Ag/AgCl and Pt wire counter electrodes in 0.01 mol L−1PBS, artificial ISF, and artificial ISF-containing soft skin (4 wt%
gelatin with 1 wt% agar), respectively, in the absence (dash) and presence (solid) of 0.1 mol L−1 glucose. H) Fixed potential CGM recorded for MN-WE
in artificial ISF with 5 mmol L−1 glucose for devices prepared with different polymer DS: 9% (i, blue), 18% (ii, red), 37% (iii, green), and 62% (iv, yellow)
at 0 V versus Ag/AgCl.

spaced (overlapping) couples of the redox mediator compared
to the nonintegrated bioelectrode (Figure 5B) occurred due to
the presence of chloride in the swollen MNs. The chloride ions,
present in the initial Dex-MA formulation, were reconstituted
during fluid uptake. The electroactivity recorded for MN-WE in
bulk 0.1 mol L−1 PB solution is therefore more representative
of the behavior expected for CVs recorded in 0.01 mol L−1 PBS
(Table S13, Supporting Information).

Electrochemical characterization of the MN-WE devices in
0.01 mol L−1 PBS, artificial ISF and artificial ISF-containing soft
skin further confirmed the ability of the devices to extract fluid

from more complex buffers and an ISF-containing artificial skin
model (Figure S20, Supporting Information). Figure 6D shows
the set-up for skin measurements. The extracted electrochem-
ical parameters (Table S14, Supporting Information), highlight
a roughly twofold increase in both the background capacitance
and ΓPLQ compared to the nonintegrated bioelectrode in both
0.01 mol L−1 PBS and artificial ISF. Together, these changes high-
light, at least in part, an important enhancement in the electroac-
tive surface area resulting from hydrogel interpenetration in the
pore structure of the nanostructured buckypapers. The interpen-
etrated hydrogel permitted electrolyte permeation deeper into the

Adv. Healthcare Mater. 2025, 14, 2403209 2403209 (10 of 17) © 2024 The Author(s). Advanced Healthcare Materials published by Wiley-VCH GmbH
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Figure 7. A) Electrode integration scheme to obtain Dex-MA hydrogel MNs (DS = 62%) with a fully integrated three-electrode biosensor (MN-
WE/RE/CE). B) Digital photograph of the fully integrated MN-WE/RE/CE with 3D-printed support. C) CV recorded at 20 mV s−1 in artificial ISF-containing
soft skin with MN-WE/RE/CE in the absence of glucose. D) CVs recorded at 1 mV s−1 in soft skin with MN-WE/RE/CE in the absence (dash) and pres-
ence (solid) of 0.1 mol L−1 glucose. E) Fixed potential CGM recorded at 0 V versus Ag/AgCl for MN-WE/RE/CE in soft (i, red) and hard (ii, orange) skin
models in (dash) the absence and (solid) presence of 5 mmol L−1 glucose under a force of 2 kg. F,H) Fixed potential CAs at Eapp = 0 V versus Ag/AgCl
in the absence (black line) and presence of different concentrations of glucose: (i, blue) 1 mmol L−1, (ii, red) 5 mmol L−1, (iii, green) 10 mmol L−1, and
(iv, yellow) 20 mmol L−1) and the G,I) corresponding calibration curves obtained for MN-WE/RE/CE in artificial ISF-containing soft skin: F,G) periodic
raw current calibration method and H,I) linear decay slope calibration. The current versus concentration calibration curve data is presented as mean ±
SD (n = 3).

3D porous buckypaper electrode. While we consider an increase
in the electroactive surface area to be the primary factor, other
factors related to the electrolyte, charge transfer process, and sur-
face chemistry also affect the surface capacitance and electroac-
tive surface coverage.

The hydrogel interpenetration into the porous electrode struc-
ture could also help facilitate the mechanical fixation of the bio-

electrode inside the hydrogel MNs. The ΔEp values are approx-
imately two to threefold smaller for the integrated bioelectrodes
compared to the nonintegrated bioelectrode. The remarkable en-
hancement in apparent heterogeneous electron transfer kinetics
for the MN-integrated bioelectrode may occur due to stabilizing
intermolecular hydrogen bonding interactions between the or-
thoquinone mediator and dextran chains that facilitate electron
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mobility and proton transfer.[54] It is noted that polymer interpen-
etration into the porous electrode occurs via diffusion during the
integration process during which the bioelectrode is immersed
in polymer solution for several hours.

The bioelectrocatalytic glucose oxidation activity of the MN-
WE bioelectrode devices was confirmed by cyclic voltammetry at
1 mV s−1 in 0.01 mol L−1 PBS, artificial ISF, and artificial ISF-
containing soft skin in the absence and presence of 0.1 mol L−1

glucose (Figure 6E–G). The recorded CVs are similar hence
the globular protein (22 g L−1 of albumin) and the gelatinous
skin exerted little effect on the bioelectrocatalytic reaction under
these conditions. The steady–state bioelectrocatalytic currents of
0.24 ± 0.02 and 0.23 ± 0.3 mA cm−2 observed in 0.01 mol L−1

PBS and artificial ISF, respectively, were much lower than the
0.47 ± 0.3 and 0.46 ± 0.04 mA cm−2 observed under equivalent
conditions for the nonintegrated bioelectrode prepared without
Dex-MA (Table S15, Supporting Information). The smaller cat-
alytic currents are consistent with the hydrogel MN matrix acting
as a glucose flux-limiting membrane that reduces the local con-
centration of glucose at the bioelectrode interface. The effect of
polymer DS on the bioelectrocatalytic activity of MN-WE devices
was also studied. Higher steady–state catalytic currents were ob-
served for the more swellable Dex-MA MNs prepared with lower
polymer DS (Figure S21 and Table S15, Supporting Information).
The catalytic current was increased by more than a factor of 2 by
reducing the DS from 62% down to 9%. This revealing experi-
ment highlights the possibility to modulate the glucose diffusion-
limiting behavior of the microneedles with careful control over
the crosslinked polymer network.

Pushing toward the transdermal application, a series of
crosslinked Dex-MA hydrogel MN-WE devices prepared with dif-
ferent polymer DS were evaluated for CGM in artificial ISF.
Figure 6H shows the current–time response in the absence and
presence of 5 mmol L−1 glucose at 0 V versus Ag/AgCl. The MN-
WE devices were capable of CGM in artificial ISF from 4.5 ± 0.3
days for MN-WE (DS = 9%) up to 9.1 ± 0.3 days for MN-WE
(DS = 62%). The polymer DS therefore plays a crucial role on
both the CGM lifetime and the catalytic current output. These
results highlight the interest of employing a Dex-MA polymer
with (i) a low DS, for shorter duration CGM biosensing (≤4
days), and (ii) a high DS, for long-term CGM (>5 days). Due
to the beneficial Dex-MA hydrogel matrix, all MN-WE biosen-
sors, irrespective of the polymer DS, outperformed the equiva-
lent nonintegrated biosensor by at least 24 h in terms of CGM.
In the best case, the CGM was increased by an average of 5.6
days that corresponds to a 160% increase in monitoring life-
time. In addition to the substrate flux-limiting property, the co-
valently crosslinked hydrogel may also limit the flux and/or in-
teraction of interfering and deactivating species with the immo-
bilized enzyme, but this was not studied further. An important
limitation of the MN-WE devices concerns the stabilization or
“pre-heating” time, i.e., the time from the application of the de-
vice on the skin to achieving a stable response. The preheating
time was 1.6 ± 0.1 h for the nonintegrated BPPLQ-GDH bioelec-
trode in artificial ISF and ≈4.3 ± 0.5 h for the equivalent bio-
electrode in the MN-WE devices. The longer stabilization times
reflect the osmotic extraction process and complexity associated
with effective wetting and stabilization of the porous integrated
electrode.

2.4.2. Fully Integrated Bioelectrode (MN-WE/RE/CE) Devices for
Transdermal Detection in Soft and Hard Artificial Skin

Practical transdermal biosensors require a two or three-electrode
electrochemical cell comprising the working electrode (sensor)
together with reference and counter electrodes. The RE provides
a stable and reproducible ground potential while the CE com-
pletes the circuit. In the few published reports to date on transder-
mal electrochemical biosensing, the RE and CE electrodes were
either (i) integrated on devices comprising independent MN ar-
rays prepared with distinct materials and coatings,[14,18] (ii) in-
serted into the channels of distinct hollow MNs,[34,38] or (iii) at-
tached at the back of the MN array.[30,35,45]

We simply extended the dual-state WE integration process
(Section 2.4.1) to permit the additional integration of CE and RE
wire electrodes, as illustrated by the scheme in Figure 7A. The
polymer formulation with Dex-MA (DS = 62%) at 20 wt% with
1% LAP was selected due to the attractive prospects for long-
term CGM, as observed in Section 2.4.1. For electrode integra-
tion, the RE and CE electrodes were carefully inserted into the vis-
cous polymer formulation shortly after insertion of the WE, and
prior to complete polymer drying and dry-state crosslinking. For
the MN-WE/RE/CE devices, the WE diameter was reduced from
6 mm to 4 mm to facilitate the positioning and separation of the 3
individual electrodes. A 3D printed holder, shown in Figure 7B,
was used to guide the electrical wire connections and facilitate
device application on the skin. Similarly to the MN-WE arrays,
digital microscopy analysis revealed excellent shape fidelity, ex-
cept for the beneficial pencil-sharpening effect, and a high level
of reproducibility (Figure S22 and Table S16 , Supporting Infor-
mation).

The integrated MN-WE/RE/CE (DS = 62%) devices presented
the same general electrochemical and bioelectrocatalytic charac-
teristics as the MN-WE (DS = 62%) devices (Table S17, Support-
ing Information), accounting for the different geometric surface
areas of the WEs. For example, the steady–state catalytic current
density in 0.1 mol L−1 PB pH 7.4 for MN-WE/RE/CE (ø = 4 mm)
was 0.29 ± 0.03 mA cm−2 compared to 0.26 ± 0.02 mA cm−2 for
MN-WE (ø = 6 mm). Figure 7C highlights the attractive “fast” re-
dox mediator response (ΔEp ≤ 36 ± 4) recorded in the artificial
ISF-containing soft skin model (4 wt% gelatin and 1 wt% agar) in
the absence of glucose. Figure 7D reveals the well-defined steady–
state catalytic glucose oxidation current (0.24 ± 0.03 mA cm−2)
obtained in the presence of 0.1 mol L−1 glucose in the artificial
ISF-containing soft skin. The electrochemical and bioelectrocat-
alytic parameters obtained in 0.1 mol L−1 PB and artificial soft
skin are summarized in Tables S17 and S18 (Supporting Infor-
mation), respectively.

The glucose biosensing performance of the MN-WE/RE/CE
device was evaluated for glucose concentrations ranging from
50 μmol L−1 up to 250 mmol L−1 in 0.1 mol L−1 PB (Figure S23
and Table S19, Supporting Information). Well-defined hyperbolic
plots were obtained. The catalytic current outputs are smaller
compared to the equivalent nonintegrated BPPLQ-GDH electrode.
A comparison of the analytical sensor parameters, summarized
in Table S19 (Supporting Information), reveals an increase in the
biosensor stabilization time by a factor of 4 due to MN integra-
tion, a beneficial large improvement in the linear dynamic range
from 25–30 to 25–50 mmol L−1, the same limit of detection of
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0.1 mmol L−1, and an important decrease in the sensitivity down
to 10.1 ± 0.9 μA mmol L−1 cm−2. These results underpin the im-
portant flux-limiting behavior and bioelectrocatalytic compatibil-
ity of the highly crosslinked Dex-MA (DS = 62%) MN matrix that
offers reasonable performance in terms of sensitivity, limited per-
formance in terms of stabilization time, and an attractive linear
dynamic range.

Transdermal glucose monitoring with the MN-WE/RE/CE
(Dex-MA DS = 62%) devices was demonstrated in both soft and
hard artificial skin models containing artificial ISF (Figure 7E).
In the presence of 5 mmol L−1 glucose, CGM was successfully
achieved for 9.2 ± 0.6 days in soft skin and 10.6 ± 0.8 days in the
artificial ISF-containing hard skin model (24 wt% gelatin: 1 wt%
agar). In the absence of glucose, the current outputs were neg-
ligible, confirming that the current originated from the bioelec-
trocatalytic oxidation of glucose extracted from the skin. The cat-
alytic currents obtained in the ISF-containing skin models were
smaller compared to those obtained in bulk artificial ISF solu-
tion. This is primarily attributed to the mass transport-limiting
behavior of the skin that increased as the gelatinous content in-
creased from 5% to 25%.

Two methods of calibration were developed based on either (i)
the raw current output from periodic current–time plots, or (ii)
the linear portion of the decay slope of the current–time CGM re-
sponse. Examples of the CA data and corresponding calibration
plots for glucose quantitation in the range of 1–25 mmol−1 are
shown in Figure 7F–I. A summary of the extracted raw current
and current slope values obtained at different glucose concen-
trations is available in Table S20 (Supporting Information). The
“pre-heating time” of 4.0 ± 0.3 h for the MN-WE/RE/CE devices
in artificial ISF-containing soft skin was similar to the 4.5 ± 0.5 h
exhibited by the single bioelectrode MN-WE devices in artificial
ISF solution. In control experiments, the specific glucose lag time
in the soft skin model was estimated as 32 ± 5 min. This lag time,
which corresponds to the time necessary for the equilibrium-
swollen hydrogel MN device to deliver 90% of the glucose oxi-
dation response, is significantly larger that the < 5 min lag times
reported for solid MNs, and similar to the lag-time reported for
passive-diffusion hollow MN devices (20 min).[37] The lag times
are affected by factors such as the needle morphology and density,
electrode structure and position with respect to the needles, hy-
drogel permeability, and the properties of the ISF (which will vary
from person to person). Post-mortem digital microscopy analysis
was performed to inspect the needles of the MN-WE/RE/CE de-
vices after 10 days of CGM, and subsequent drying, as shown
in Figure S24 (Supporting Information). No significant differ-
ence in the morphology of the MNs was observed compared
to pristine MN devices, confirming the resistance of the Dex-
MA-based MN arrays for long-term continuous transdermal
monitoring.

2.5. In Vitro Cytotoxicity Assessment of Electrodes and MN
Devices

One of the biggest barriers to the real-world application of in
vivo medical devices comes from the strict requirements in terms
of biocompatibility and safety. Tests for in vitro cytotoxicity us-
ing murine NIH3T3 fibroblasts in cell culture media were per-

formed according to the ISO-accredited method for evaluating
medical device biocompatibility (ISO 10993–5X; WST-1 assay).
The cytotoxicity of the fully integrated hydrogel MN biosensor de-
vices, as well as their individual components, was evaluated. All
crosslinked Dex-MA materials were prepared using DS = 37%
with 20 wt% polymer and 1% LAP formulations. Figure 8A re-
veals cell viabilities in excess of ≥ 94.5% for MN devices prepared
in the absence (MN) and presence of integrated electrodes (MN-
WE and MN-WE/RE/CE) over 7 days. The high biocompatibility
observed for the nonintegrated and electrode-integrated MN hy-
drogel devices is attributed to the biocompatibility of the poly-
mer as well as the barrier properties of the MN hydrogel that
prevented or mitigated leaching of toxic components from the
electrodes. A second series of experiments, shown in Figure 8B,
unraveled the nature of the cytotoxicity of the three-electrode bio-
electrochemical sensor. Notably, the Dex-MA hydrogel MN struc-
ture provides a remarkable cytotoxicity protection effect. The un-
modified buckypaper (BP) and enzyme-only modified buckypa-
per (BP-GDH), and the Pt wire, exhibited high biocompatibility
with cell viabilities of ≥ 95% over 7 days. On the other hand,
the BPPLQ-GDH (WE) electrode showed weak cytotoxicity with
70.3% viability (day 1) and ≥ 66.7% (day 7). The quinone-only
modified buckypaper (BPPLQ) exhibited higher levels of toxicity
with 47.5% and 45.7% cell viabilities on day 1 and day 7, respec-
tively. The toxicity under these conditions therefore originates
from the quinone redox mediator as opposed to the redox en-
zyme or CNTs. The Ag/AgCl pseudo-reference exhibited strong
cytotoxicity, as expected, with ≈36.5% cell viability that can be at-
tributed to delaminated AgCl and Ag+ ions with known toxicity to
fibroblast cells.[55] These first biocompatibility tests provide com-
pelling evidence of “toxicity-shielding” owing to the chemically
crosslinked Dex-MA hydrogel matrix that effectively prevents
and/or limits electrode delamination and the leaching of toxic
species.

3. Conclusion

The proof-of-concept is demonstrated for minimally invasive
transdermal bioelectroenzymatic sensor devices that enable in-
terstitial fluid extraction for selective and long-term transdermal
biomarker monitoring for 10 days in/on an artificial skin model
containing artificial ISF. A low potential catalytically powerful
second generation buckypaper 3-electode biosensor was inte-
grated into a dextran-MA hydrogel microneedle matrix via a
simple dual-state enzyme-compatible micromolding process. An
eco-friendly dextran methacrylation reaction was developed that
enabled precise control over the degree of substitution to obtain
a wide range of crosslinked hydrogels. The degree of substitution
and consequent crosslinking density play a crucial role on the
MN swelling behavior, the electroactivity, and the bioelectrocat-
alytic reactivity of the interpenetrated enzyme electrode. The
ability to modulate the physical properties of the hydrogel mate-
rials permitted the long-term monitoring stability to be further
enhanced. The CGM performance pushes significantly beyond
the state-of-the-art transdermal bioelectroenzymatic sensors
with demonstrated operational stability of ≤ 16 h. The long
preheating times on the order of several hours, and ≈30 min
glucose lag time, are linked primarily to mass transport and
porous electrode wetting limitations. The preheating time is an
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Figure 8. Cell viability of NIH3T3 murine fibroblasts in cell culture media after incubation for 1–7 days with A) microneedle devices: MN, MN-WE and
MN-WE/RE/CE, and B) diverse electrodes and controls: BP unmodified, BPPLQ, BP-GDH, BPPLQ-GDH (WE), Ag/AgCl wire (RE), and Pt wire (CE). Results
based on WST-1 assay according to the ISO-10993-5 standard. The data is presented as mean ± SD (n = 15). Statistical significance was calculated using
one-way ANOVA; NS, ≥ 0.05, ***p < 0.005.

important drawback. It would ideally be in the 0.5–2 h range,
and could be improved with electrode integration closer to the
needle tips. Ideally, the lag time would correspond to the “phys-
iological lag time” only, on the order of 2–10 min. The lag time
could be minimized, for example, by using a more permeable
hydrogel to the ISF and glucose and/or by minimizing the
physical distance and therefore mass transport distance between
the needles and the electrode surface. The introduction of large
pores, e.g., macropores or microchannels could be used to facil-
itate mass transport while surface functionalization combined
with pore engineering could improve electrode wettability and
stabilization.

As well as the flux-limiting membrane properties, the hydro-
gel MNs exhibited a remarkable cytotoxicity shielding effect that
allows the integration of working and reference electrodes pre-
senting cytotoxicity. In the next step, to more convincingly vali-
date the MN-biosensor device in a real-world setting, including
extraction efficacy, the devices should be tested and validated in
vivo versus existing glucometers. Indeed, live animals or humans
motion may provoke sensor insertion, extraction, and stability
complications. Ultimately, human trials will be necessary to fully
validate the system. Further in vivo and in vitro cytotoxicity and
biocompatibility studies, including a demonstration of infection
risk, should be performed while the lag-time limitations should
be improved. The integration of alternative biosensor electrodes
is envisaged toward the development of transdermal biosensors
or “biowearables” for biomarkers beyond glucose. The micronee-
dle system could offer promise as part of a self-regulated system
with transdermal insulin delivery.

4. Experimental Section

Materials: Dextran T70 (Dex, Mw = 70 000 g mol−1) was pur-
chased from Pharmacosmos. Methacrylic anhydride (MAh, 94%), lithium
phenyl-2,4,6 trimethyl benzoyl phosphinate (LAP, ≤ 95%), potassium
chloride (KCl, >95%), N,N-dimethylformamide (DMF, 99.9%), 1,10-
phenanthroline-5,6-dione (PLQ, 97%), gelatin from porcine skin (gel
strength 300, Type A), agar, ethylenediaminetetraacetic acid (EDTA,
≥97.0%), bovine serum albumin (BSA, ≥ 95%), d-(+)-glucose (≥99.5%),
sodium L-lactate (98%), acetaminophen (98%), cholesterol (99%), urea
(≤ 99%), D-galactose (99%), L-ascorbic acid (≤ 99%), and uric acid (≤
99%) were purchased from Sigma–Aldrich. Sodium hydroxide (NaOH, ≥

98%) was purchased from Laurylab. Distilled water was obtained by wa-
ter purification to a resistivity of 15 MΩ cm using a Millipore Ultrapure
system. Phosphate buffer (PB) (0.1 mol L−1) was prepared by dissolving
NaH2PO4 in distilled water and adjusting the pH to 7.4 with NaOH. Phos-
phate buffer saline (0.01 mol L−1) (PBS containing 137 mmol L−1 NaCl,
2.7 mmol L−1 KCl, 10 mmol L−1 Na2HPO4, 1.8 mmol L−1 KH2PO4, pH
7.4) was obtained via a tenfold water dilution of PBS 10X (Sigma–Aldrich).
Artificial interstitial fluid (ISF) was prepared by solubilizing 22 g L−1 of BSA
and 0.3 g L−1 of EDTA in 0.01 mol L−1 PBS and adjusting the pH to 7.4 us-
ing NaOH.[2,56] Commercial grade multiwalled carbon nanotubes (CNTs,
Ø = 9.5 nm, 1.5 μm length, ≥ 95% purity) were obtained from Nanocyl
and used as received. FAD-GDH (1160 U mg−1) was purchased from Sek-
isui. NIH-3T3 murine fibroblast cells were purchased from the American
Type Culture Collection (ATCC). WST-1 was purchased from Roche Diag-
nostics. High purity argon was obtained from Messer. Glucose solutions
were left to mutarotate overnight to 𝛽-d-glucose prior to use.

Synthesis of Dextran-Methacrylate (Dex-MA): Dex (5 g) was dissolved
in distilled water (100 mL) in a beaker. After complete dissolution, different
equivalents of MAh (0.0625–0.5 eq.) with respect to the number of Dex
hydroxyl groups were added dropwise into the Dex solution. The solution
was stirred at room temperature (RT) for 1 h. The pH was maintained at
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pH 9–11 using NaOH (3 mol L−1) during the reaction. Finally, the obtained
Dex-MA solution was dialyzed against distilled water for 1 week using a 12–
14 kDa molecular weight cut-off membrane (Carl Roth), and lyophilized.
The white solid was stored at −20 °C then thawed to room temperature
prior to use.

Characterization of Dextran-Methacrylate (Dex-MA) Materials: FTIR
spectroscopy was performed with a Shimadzu IR Affinity-1 spectropho-
tometer with a DLATGS detector under a dry atmosphere at room temper-
ature with lyophilized samples compressed against a KBr disk. 1H NMR
spectra were recorded in D2O using a Bruker Avance 300 spectrometer
at 298°K at 300 MHz. UV–vis absorption spectra were recorded between
200 and 800 nm using a Varian Cary 300 spectrophotometer at 25 °C in a
quartz cell with a 1 cm path length. High resolution optical characteriza-
tion was performed by digital microscopy using a VHX-7000 microscope
from Keyence.

Preparation of Crosslinked Dex-MA Hydrogels: PBS solutions (0.01 mol
L−1) comprising a mixture of Dex-MA at 10, 20, or 30 wt% polymer and
LAP at 0.1, 0.5, or 1 wt% mass fraction were prepared. The solutions were
cast into a Teflon 1 cm3 mold and left to dry in air for 24 h. Each mold
contained the same dried polymer mass. After drying, the mixture was
exposed to 405 nm UV-light (UVAHand, Eleco-Panacol, 75 mW cm2) for
60 s to obtain the dry crosslinked hydrogel. Swollen hydrogels were
obtained by equilibrating the dried crosslinked pellets for 24 h in 0.01 mol
L−1 PBS.

Determination of Swelling Ratio and Insoluble Mass Fraction: These ex-
periments were performed on crosslinked Dex-MA hydrogels prepared us-
ing different polymer and LAP concentrations. Dried pellet samples were
weighed (W0) after photocrosslinking. The samples of ≈20 mg mass were
then incubated in a vial containing 1 mL of 0.01 mol L−1 PBS at RT.

Swelling Ratio (SR): Samples were periodically removed from the vial,
quickly and carefully wiped with a paper towel to remove excess liquid, im-
mediately weighed (Wt), then placed back into the vial containing 0.01 mol
L−1 PBS. This operation was repeated until no further mass change was
detected (≤24 h). The percentage swelling ratio was calculated according
to Equation (1):

SR (%) =
Wt − W0

W0
× 100 (1)

Insoluble Mass Fraction (IM): Samples were incubated in 1 mL of
0.01 mol L−1 PBS at 37 °C for 1 week. After 1 week, samples were removed,
dried completely in an oven at 80 °C, then weighed to obtain the insolu-
ble weight (Winsoluble). The percentage of IM was calculated according to
Equation (2):

IM (%) =
Winsoluble

W0
× 100 (2)

Compressive Testing: Compression tests were performed using a
TAXT.Plus texturometer (Stable Micro Systems) on dry hydrogels prepared
using different polymer and LAP concentrations. The compression speed
was set at 0.5 mm s−1 with a maximum compression force of 50 N. The
compression modulus (E) was calculated from the linear section of the
stress–strain curves between 5% and 15% strain. Three experiments were
performed for each sample, and results are expressed as the mean value
± standard deviation.

Cytotoxicity Evaluation: NIH-3T3 fibroblasts were cultured under a hu-
midified atmosphere (90%) comprising 95% air and 5% CO2 at 37 °C in
culture medium with a high glucose content (Eagle medium with 10%
fetal bovine serum and 1% of antibiotics (penicillin and streptomycin)
(Dubelco).

Cytotoxicity tests were carried out according to the ISO-10993-5 stan-
dard on (i) buckypaper electrodes and (ii) the MN devices and their con-
trols. Experiments were conducted using three different cell cultures in
quintuplicate. All samples were sterilized in an ethanol (70%)/water (30%)
mixture for 3 h. The ethanol/water solution was then removed and re-
placed twice by sterile 0.01 mol L−1 PBS with 1 h of soaking each time,
for ethanol elimination. The samples were then incubated overnight for

≈16 h to achieve equilibrium swelling. The materials were set in a 24-well
plate and immersed in 1 mL of culture medium (3 cm2 of material for 1 mL
of cell culture medium) for 24 h, 48 h, and 7 days. Control plates without
materials, and cell culture medium only, were used as negative controls.
The culture media (release media) were then collected in Eppendorf tubes
after 24 h, 48 h, and 7 days, then frozen in a freezer at −20 °C. The cells
were seeded with a cell density of 5000 cells per well in a 96-well plate for
24 h at 37.5 °C with 5% CO2. After 24 h, the growth medium was replaced
by 100 μL of material release medium after thawing at 37.5 °C, or by neg-
ative control medium, or cell culture medium with 10 mmol L−1 H2O2 as
the positive cytotoxicity control. After 24 h, the cell culture media were re-
moved and replaced with 100 μL of fresh cell culture medium and 10 μL
of the WST-1 reagent. After 2 h incubation at 37.5 °C with 5% CO2, the
cell viability was calculated by reading the absorbance at 450 nm, with ab-
sorbance correction at 650 nm, with an Infinite-M1000 Tecan microplate
reader according to the following equation:

Cell viability (%)

=
Absorbancesample − Absorbancepositive cytotoxicity control

Absorbancenegative cytotoxicity control − Absorbancepositive cytotoxicity control

×100 (3)

Preparation of PDMS Microneedle Mold from Al Master: A microneedle
(MN) master mold was manufactured from aluminum by a micro-milling
process. The Al master was composed of a cylindrical array of 7 mm with
5 × 5 (25) pencil-shaped MNs with heights of 800, 1000, or 1200 μm, a
base width of 400 μm, and an edge-to-edge distance between the needles
of 400 μm. An inverse soft MN mold was prepared by casting a mixture
of PDMS and its curing agent (10: 1 weight ratio) into the master mold,
repeat application of vacuum to remove air bubbles, and curing at 100 °C
for 2 h. The master and inverse molds were subsequently cooled under air
for a few hours. The inverse PDMS mold was then gently detached from
the master mold. Images of the master and PDMS molds are available in
Figures S4 and S3 (Supporting Information), respectively.

Preparation of Dex-MA MN Arrays: MN patches were fabricated by mi-
cromolding. First, a solution containing 20 wt% of Dex-MA and 1 wt% of
LAP in 0.01 mol L−1 PBS pH 7.4 was prepared in a 10 mL vial. The solution
was then cast into a PDMS mold. The PDMS mold was placed in a steel
support connected to a vacuum pump set to 10 mbar, and the solution
aspirated for 2 h to fill the tips of the mold. The solution was left to dry for
24 h to solidify the polymer. The MN arrays were then exposed to 405 nm
light for 60 s (75 mW cm2) to obtain dried crosslinked MNs, left in the
dark for a few hours, then demolded.

Preparation of Enzymatic Buckypaper Bioelectrode (BPPLQ-GDH): First,
66 mg of MWCNTs were dispersed in 66 mL of DMF in a 100 mL vial
then sonicated in a water bath for 90 min, according to the previously re-
ported procedure.[7] The suspension was filtered through a PTFE filter us-
ing a vacuum pump, washed with distilled water, then left for 2 h under
the extraction hood. After filtration, the resulting buckypaper was left to
dry at room temperature. Approximately 200 μm thick carbon nanotube
buckypaper (BPCNT) was gently detached from the filter paper then cut
into individual electrodes with Ø = 6 mm, unless stated otherwise. The
buckypaper electrodes were modified by first drop-coating 20 μL of a PLQ
solution (5 mmol−1) prepared in acetone/distilled water (volume ratio of
1/1), then allowed to dry for 10 min. Thirty microliters of an FAD-GDH
solution in 0.1 mol L−1 PB (10 mg mL−1) was deposited on the surface of
the modified electrode, then the electrode was left to dry for a few hours.
The electrical contact was made via a Ag-plated Cu wire attached to the
back of the electrode with carbon paste. After drying for 2 h, the back of
the electrode was insulated with silicone paste and left to dry in air prior
to use.

Fabrication of MN Array with an Integrated Enzymatic Buckypaper Bio-
electrode as the Working Electrode (MN-WE): First, a BPPLQ-GDH bioelec-
trode (Ø = 6 mm) was prepared. A solution containing 20 wt% Dex-MA
and 1 wt% LAP in 0.01 mol L−1 PBS was prepared in a 10 mL vial. Hundred
microliters of the solution was then cast into a PDMS mold. The PDMS
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mold was placed in a steel support connected to a vacuum pump set to
10 mbar, aspirated for 2 h to fill the tips of the mold, then left to dry for 2–
3 h to obtain a more viscous solution. The bioelectrode was integrated into
the MN array via immersion inside the viscous polymer solution, then the
hydrogel array was left to dry for 24 h. The solid polymer formulation was
crosslinked by a first irradiation at the back of the array at 405 nm for 60 s
(75 mW cm2), then a second irradiation at 405 nm for 60 s (75 mW cm2)
after demolding and flipping of the MNs. Finally, the electrical connections
were made at the back of the bioelectrode.

Fabrication of MN Array with a Fully Integrated Three-Electrode Bioelec-
troenzymatic Sensor (MN-WE/RE/CE): First, a smaller BPPLQ-GDH bio-
electrode (Ø = 4 mm) was prepared to provide more space for the inser-
tion of multiple electrodes in the same device. The electrode fabrication
procedure was as described above but with 9 μL of PLQ (5 mmol L−1) and
13.5 μL of FAD-GDH (10 mg mL−1). The WE was integrated as described. A
Ag/AgCl wire pseudo-reference electrode (RE, Ø= 0.2 mm) and Pt counter
electrode (CE, Ø = 0.2 mm) were subsequently integrated by immersion
in the viscous polymer, as for the WE, ensuring that the electrodes did not
touch. The dried (solid) polymer formulation was subsequently irradiated
in two steps, then the electrical connection made to the WE.

Preparation of Artificial Skin Models: Solutions of gelatin of 4–24 wt%,
and agar of 1 wt%, were prepared in 40 mL of 0.01 mol L−1 PBS or artificial
ISF in a 100 mL vial. “Soft skin” refers to artificial skin prepared with 4 wt%
gelatin and 1 wt% agar while hard skin refers to artificial skin prepared
with 24 wt% gelatin and 1 wt% agar. Unless stated otherwise, the skin
was prepared using artificial ISF. Homogeneous solutions were obtained
by heating at 80 °C for 30 min under stirring. The solutions were then cast
into Petri dishes (ø = 5 cm) to yield artificial skin layers with a thickness
of ≈2 cm that were left to cool overnight before use.

Electrochemical Characterization: Static (quiescent) cyclic voltamme-
try measurements were performed using a Biologic VMP3 Multi Poten-
tiostat with EC-lab software. A Princeton Applied Research PARSTAT-MC-
PMC1000 potentiostat controlled by Versastudio software, operating in
a Faraday cage, was used for cyclic voltammetry experiments performed
under stirring (at a fixed revolutions per minute, rpm), and fixed poten-
tial chronoamperometry measurements. For hydrodynamic experiments,
a magnetic stirrer bar was placed in the electrolyte and the electrochemi-
cal cell placed on an IKA C-mag magnetic stirrer (a rotating electrode was
not used). All experiments were performed with a three-electrode system
comprising a Ag/AgCl reference electrode (commercial or chlorinated Ag
wire pseudo-reference), a Pt counter electrode, and the buckypaper-based
working electrode. The measurements were performed in 0.1 mol L−1 PB
(pH 7.4), 0.01 mol L−1 PBS, or artificial ISF at room temperature. The
Ag/AgCl pseudo-reference was prepared by chlorination of a silver wire
in 0.1 mol L−1 HCl solution at 1.8 V for 5 s.

The background capacitance, C, was calculated according to the follow-
ing equation:

C =
Q
V

(4)

where, Q is the average charge during the charge/discharge process (in
coulombs) and V is the potential window (in volts). The charge was cal-
culated as the integral of the nonfaradaic current of the electrodes nor-
malized by the scan rate. The surface concentration of electroactive redox
mediator, denoted Γ (in mol cm−2) was calculated according to the fol-
lowing equation:

Γ =
Q

nFA
(5)

where Q is the average charge obtained from the anodic peaks of the redox
mediator (in coulombs), n is the number of electrodes (2 electrons), and
F is Faraday’s constant (96 485 C mol−1), and A is the geometric surface
area of the electrode (in cm2). The charge was calculated as the integral
of the peaks associated with the oxidative faradaic process normalized by
the scan rate (20 mV s−1). The limit of detection was calculated as the
concentration associated with 3× the baseline noise (signal-to-noise) ratio

in the absence of glucose. The stabilization time was determined as the
time necessary to achieve a stable current after the addition of glucose.

Statistical Analysis: Statistics data is reported as the mean ± standard
deviation together with the sample number, calculated using the corre-
sponding functions in Microsoft Excel. One-way ANOVA statistical sig-
nificance tests were determined using three or more groups of data with
Origin 2020 software. For the swelling ratio, insoluble weight data, and
mechanical tests, each experiment was performed in triplicate on three in-
dividual pellet samples, or artificial skin samples, without preprocessing
of data. Microneedle dimensions were measured on raw digital images
obtained from three different arrays after adjusting image contrast. For
cytotoxicity data, each experiment was performed on five samples in tripli-
cate on different days (n = 15). For the electrochemical data, experiments
were performed in triplicate on three individual electrodes without prepro-
cessing of data, unless stated otherwise. The CVs and fixed potential CAs
reported in figures are representative examples presented as the raw data,
plotted and analyzed using Origin 2020 software. Electrochemical surface
coverage was obtained via peak integration with linear background sub-
traction using the Peak Analyzer function in Origin 2020 software.
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