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ABSTRACT
Microneedles (MNs) have gained significant attention over the past decade in drug delivery and
biosensing due to their minimally-invasive and less painful nature of use compared to
intramuscular/subcutaneous injections, and significant biological benefits. Several fundamental
processes enabling MN functionality have not been completely understood, including mechanical
interaction between MNs and skin for targeted depth penetration; and precise quantification of
fluid delivery in the skin. This thesis presents novel materials, and methodologies for evaluating
MN interactions with skin, and investigates the performance of hollow MNs in both intradermal
fluid drug delivery and biosensing.
A micromechanical comparison between human skin and porcine skin was performed using to
determine their mechanical behavior affecting MN insertions. Stratum corneum (SC) of human
skin was significantly stiffer (117 ± 42 MPa) than porcine skin (81 ± 32 MPa), requiring higher
force of MN insertion to rupture the SC in human skin (107 ± 17 mN) than porcine skin (96 ± 23
mN). An artificial mechanical skin model was developed layer-by-layer to simulate tough human
skin (MN insertion force 162 ± 11 mN) and to study the dynamics of MN insertion. Key factors
that affected MN insertions into skin, including velocity of impact and total energy delivered to
the skin, were identified.
ID fluid delivery by hollow MNs was assessed using a novel method involving the low-activity
radiotracer technetium-99m pertechnetate (99mTcO4-). Its delivery allowed accurate quantification
of fluid delivered into the skin, back-flowed to the skin surface, and total fluid ejected from the
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syringes via ID devices with sub-nanoliter resolution. Hollow MNs performed more accurate ID
injections than conventional needles (93% vs. 69-87% of fluid per 0.1 mL injection volume).
A MN-optofluidic biosensing platform capable of eliminating blood sampling was developed with
MNs that can access dermal interstitial fluid that contains numerous drugs at concentrations
comparable to blood. The MN lumen was functionalized to collect, trap and detect drugs in 0.6 nL
of sample. The optofluidic components provided specific high-sensitivity absorbance
measurements for drug binding using enzyme-linked assays. Streptavidin-horseradish peroxidase
(LoD = 60.2 nM) and vancomycin (LoD = 84 nM) binding validated this point of care system.
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PREFACE
The research presented in this dissertation was carried out primarily at the University of British
Columbia, Canada in the Stoeber Laboratory in the Department of Electrical and Computer
Engineering, and the Häfeli Laboratory in the Faculty of Pharmaceutical Sciences, under the cosupervision of Dr. Boris Stoeber and Dr. Urs O. Häfeli. A portion of this research was conducted
at the Laboratory for Micro- and Nanotechnology in the Paul Scherrer Institute (PSI), Switzerland
under the co-supervision of Dr. Victor Cadarso and Dr. Celestino Padeste.
Chapter 1 of this dissertation, conducted by myself under the supervision of Stoeber and Häfeli,
provides the research motivation, relevant literature review, and objectives of this dissertation.
The section on microneedle-biosensing devices was prepared for publication as a book chapter:
Ranamukhaarachchi S.A., Häfeli U.O. Therapeutic drug and biomolecule monitoring
potential for microneedle technologies in Microneedling in Clinical Practice, edited by B.
Stoeber, R. K. Sivamani, and H. I. Maibach, to be published by CRC Press, 2017.
Chapter 2, conducted primarily by myself under the supervision of Stoeber and Häfeli, is based on
the work published in the following journal paper:
Ranamukhaarachchi S.A., Lehnert S., Ranamukhaarachchi S.L., Sprenger L., Schneider
T., Mansoor I., Rai K., Häfeli U.O., Stoeber B. A micromechanical comparison of human
and porcine skin before and after preservation by freezing for medical device development.
Scientific Reports 6, Article number: 32074 (2016) doi:10.1038/srep32074.
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It presents a comprehensive micromechanical study comparing freshly-excised and previouslyfrozen human and porcine skins using a conventional mechano-analytical method
(microindentation) and microneedle insertions. I received testing support from Lehnert, Sprenger,
and Schneider; statistical support from Ranamukhaarachchi; device fabrication support from
Mansoor; and skin handling support from Rai.
Chapter 3, conducted primarily by myself under the supervision of Stoeber and Häfeli, is based on
the work published in the following journal paper:
Ranamukhaarachchi S.A., Schneider T., Lehnert S., Sprenger L., Campbell J.R.,
Mansoor I., Lai J.C., Rai K., Dutz J., Häfeli U.O., Stoeber B. Development and Validation
of an Artificial Mechanical Skin Model for the Study of Interactions between Skin and
Microneedles. Macromolecular Materials and Engineering. 2016 Mar 1;301(3):306-14.
It presents the development and validation of an artificial mechanical skin model to facilitate the
development of percutaneous medical devices, such as microneedles. I received testing support
from Schneider, Lehnert, and Sprenger; statistical support from Campbell; device fabrication
support from Mansoor; and skin handling support from Lai, Rai, and Dutz.
Chapter 4, conducted primarily by myself under the supervision of Stoeber and Häfeli, was
prepared for submission to a journal:
Ranamukhaarachchi S.A., Jayatilake H., Häfeli U.O., Stoeber B. Determining the factors
affecting dynamic insertion of microneedles into skin (in preparation).
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This chapter presents a study conducted to identify the significant factors that affect the dynamic
nature of microneedle insertions. I received support from Jayatilake on data analysis to complete
this study.
Chapter 5 was conducted primarily by myself under the supervision of Stoeber and Häfeli, and is
based on a manuscript that was submitted to a journal:
Ranamukhaarachchi S.A., Esposito T.V., Raeiszadeh M., Stoeber B., Häfeli U.O. Precise
measurement of intradermal fluid delivery using a low activity technetium-99m
pertechnetate tracer (in preparation).
This chapter presents a novel method that was developed and validated to determine the
intradermal (ID) fluid delivery potential of injection devices, including hollow microneedles.
Esposito assisted with the preparation of

99m

TcO4- and animals for injections, while Raeiszadeh

assisted with preparation of devices and performing the injections.
Chapter 6 was conducted primarily by myself under the supervision of Cadarso and Padeste, and
is based on a manuscript submitted to a journal:
Ranamukhaarachchi S.A., Padeste C., Häfeli U.O., Stoeber B., Cadarso V.J. Design
considerations of a hollow microneedle-optofluidic biosensing platform incorporating
enzyme-linked assays (submitted on February 8, 2017).
The work presented in this chapter focuses on modifying and integrating hollow microneedles with
an optofluidic sensing system for therapeutic drug monitoring using enzyme-linked assays. Häfeli
and Stoeber provided advice to guide the experimental work.
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Chapter 7 was conducted primarily by myself under the supervision of Cadarso and Padeste, and
is based on the work published in the following journal:
Ranamukhaarachchi S.A., Padeste C., Dübner M., Häfeli U.O., Stoeber B., Cadarso V.J.
Integrated hollow microneedle-optofluidic biosensor for therapeutic drug monitoring in
sub-nanoliter

volumes.

Scientific

Reports

6,

Article

number:

29075

(2016)

doi:10.1038/srep29075.
In this chapter, the microneedle-optofluidic biosensor is further modified and assessed for its
capability to analyze vancomycin, a therapeutically monitored drug, using a competitive drug
binding scheme inside the sub-nanoliter volume of a single microneedle. Häfeli and Stoeber
provided advice to guide the experimental work.
Chapter 8 summarizes the previous chapters and proposes future work to be done to improve the
presented microneedle technologies, and make them available for commercial medical
applications.
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1. INTRODUCTION
1.1. Research Motivation
The development of vaccines and therapeutics for prevention and treatment of infectious diseases
has had an enormous impact on human health. The discovery and improvement of vaccines and
vaccine delivery technologies to induce immune responses in humans is continually necessary to
combat the threats posed by emerging pathogens. Most vaccines are currently administered via
hypodermal injections into the muscle or under the skin, although the immune responses to
vaccines can be greatly improved by their administration into the skin or more exactly the
epidermis and dermis (Figure 1) without inducing potential toxic effects [1].

stratum corneum

(epidermal injection)

(intradermal injection)

(subcutaneous injection)

Figure 1. Cross-sectional view of human skin [2]. With permission from Encyclopedia
Britannica.
The skin forms the first line of natural defense by humans to mechanical trauma and biological
attack. The stratum corneum (SC) layer of skin provides a tough, mechanical barrier from external

1

stress, while the viable epidermis and dermis contain immune cells to engage with harmful subjects
to orchestrate inflammation and immune responses. For therapeutics and biologics, targeted
intradermal (ID) delivery into the dermis can potentially improve bioavailability of the drugs in
the blood stream, due to the higher vasculature of the skin and efficient lymphatic drainage.
Therefore, the need for ID vaccine and therapeutic delivery methods is vital.
Various commercially available products, such as skin adhesive patches that release biomolecules
to the skin’s surface for passive diffusion into the skin through the SC, are widely used for drug
and vaccine delivery to the skin. A major challenge with ID delivery using skin patches is limited
permeability of biomolecules through the SC into the subsequent layers due to its strong barrier
properties [3]. Among many means tested and developed to enhance drug penetration through the
SC, none have shown the potential presented by microneedles (MNs) [4-12]. Being sub-millimeter
needle-like structures, MNs overcome the skin barrier by creating mechanical pathways to bypass
the SC and provide direct routes for ID drug delivery that are non-invasive, less or not painful, and
potentially self-administrable. MNs can be microfabricated in various designs using silicon [13,
14], polysilicon [9, 15], metal [16], and polymers [5, 17-19]. However, there are many significant
drawbacks to the commercialization of MNs for drug delivery and biosensing applications,
including the high cost of MN fabrication, risk of MN fracture during or after insertion, and leaking
of fluid upon improper insertion. Many of these limitations pertain to the lack of knowledge of
skin mechanics and MN-to-soft tissue interactions during MN insertions into skin for ID delivery
and should be thoroughly investigated. Understanding MN-to-soft tissue interactions in detail will
not only facilitate the development of MN devices for repeatable and successful ID delivery of
fluids, but also provide access to biological fluids in the skin, such as dermal interstitial fluid (ISF)
2

[20], which can be used for therapeutic drug monitoring (TDM) and biosensing applications in
minimally-invasive ways. A significant number of TDM drugs demonstrate a correlation drug
concentrations between blood and ISF [21-23]. Thus, TDM in ISF using MNs has the potential to
transform current practices, and provide attractive solutions to health care professionals and
patients.
1.2. Background Information
This section presents introductions and background information to important concepts, materials,
and methods to this dissertation.
1.2.1. Microneedle Applications
1.2.1.1. Intradermal Drug Delivery
A recent and promising method to enhance drug permeation through skin is the use of MNs to
create mechanical pathways for drug and vaccine delivery across the SC to the epidermal and
dermal regions of the skin. MNs are sub-millimeter needle-like structures with high aspect ratios.
They can be categorized by arrangement (in-plane vs. out-of-plane), structural differences (solid
vs. hollow, sharp-tipped vs. flat-tipped), materials (polymers, metals), and microfabrication
techniques. The pores created on the skin surface by MNs are significantly larger than drug
molecules, but smaller than holes created by hypodermic needles. Therefore, they would allow
molecules to readily diffuse through the SC to the desired depths within or beyond the skin layers,
while being safe for clinical use [24]. Other advantages of MNs include relatively higher flux of
macromolecules and vaccines, lack of skin irritation, pain-free insertion, and possibility for mass
production.
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MNs and their designs have been greatly varied and exploited for ID delivery applications in
minimally invasive manners. Four of the predominantly used methods for drug delivery using MNs
are illustrated in Figure 2 [25].

A

B

C

D

Figure 2. Common strategies for drug delivery using microneedles. (A) Solid microneedles
create micro-pores in skin prior to topical drug/patch application; (B) coated solid
microneedles to transfer drugs into skin; (C) dissolving solid polymeric microneedles ; and (D)
hollow microneedles arrays to inject drugs and extract fluids [25]. The orange layer represents
the epidermis of skin, including the stratum corneum.
Insertion and retraction of solid MNs create micro-pores in the skin (Figure 2A). Subsequent
application of drug-loaded transdermal patches or topical ointments to the MN-treated site of the
skin allows for enhanced drug permeation through the SC via the mechanical channels. A more
recent derivation of this approach is the coating of the surface of solid MNs with a drug-loaded
polymer solution (Figure 2B), which upon insertion is released from the MN surface and delivered
as a bolus dose intradermally. Dissolving MNs (Figure 2C) are made with the drug-carrying
polymers, and are subjected to dissolution or biodegradation after insertion and upon contact with
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the skin interstitial fluid. Finally, hollow MNs (Figure 2D) allow transfer of biomolecules carried
with a fluid into desired depths in the skin in a continuous and controlled manner; thereby allowing
active drug delivery. They can also be used in the extraction of biological fluids, such as interstitial
fluid [26].
MNs have been fabricated using a variety of materials, including silicon, metals, glass, and
polymers; and microfabrication technologies, including deep reactive ion etching (DRIE), solvent
casting, metal electrodeposition, and hot embossing. A few examples of solid and hollow MNs are
shown in Figure 3.

A
a
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D
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C
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f

Figure 3. Arrays of solid and hollow out-of-plane microneedles. (A) Hollow silicon microneedles
by deep reactive ion etching [14]; (B) solid silicon microneedles [27]; (C) clay-reinforced
polyimide microneedle array by solvent casting [18]; (D) solid stainless steel microneedles by
laser cutting; (E) dissolving polymeric microneedles [12]; (F) laser-machined metallic
microneedle array [28].
1.2.1.2. Hollow Metallic Microneedles
In this dissertation, only hollow nickel MNs are utilized, which are fabricated using a metal
electrodeposition process according to Mansoor et al. (2013) (Figure 4) [16].
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Figure 4. Hollow metal microneedle fabrication process (A) and resulting microneedles (B-C).
(a) Fabrication of a mold consisting of a single or an array of cone shaped pillars (created
through backside exposure of SU-8); (b) deposition of structural supporting polymer (diluted
SU-8); (c) solvent casting the dilute SU-8 on the pillars; (d) deposition a conductive polymer
consisting of a mixture of poly(methyl methacrylate) (PMMA) and carbon black (CB); (e)
evaporation of solvent; (f) removal of the polymer coating on top of the pillars by O2/CF4
plasma etching or another methodology; (g-i) electrodeposition of metals on the conductive
polymer coating; (j) dissolution of the conductive polymer and separation of the microneedle
array from the pillars.
Briefly, arrays of 400-600 μm cylindrical and tapered pillars that maintain a volcano-shaped base
were fabricated on a four-inch diameter borosilicate substrate (thickness of 500 μm) from SU-8
2150 (Microchem, MA, USA). The ultraviolet (UV) exposure of the SU-8 was performed through
the glass substrate (backside exposure) to obtain tapered pillars, as shown in Figure 4a, which
constituted the mold structure and defined the needle lumens. A conductive polymer layer,
comprised of poly(methyl methacrylate) (PMMA; 25 kDa MW; Polysciences, PA, USA) and
Vulcan XC72R carbon black (CB; 150 nm particle size; Cabot, MA, USA) mixed in propylene
glycol monomethyl ether acetate (PMA) to obtain a total solids content of 7.5 wt%. Prior to the

6

conductive polymer deposition, the mold was plasma treated to clean the surface, improve
adhesion, and decrease the contact angle. A volume of 155 μL was deposited on the mold, which
was heated at 85 oC for 15 minutes to cast the PMMA/CB composite (Figure 4 d-e). Then, the
device was subjected to O2/CF4 plasma etching (O2: 80 sccm, CF4: 20 sccm, pressure: 500 mTorr,
temperature: 25ºC, power: 200 W, and duration: 200 s) to open the MN tips, followed by
electroplating with nickel and gold. During the electroplating step, the MN mold with the
conductive polymer layer was used as the cathode, while a four-inch diameter pure nickel piece
was used as the anode, positioned parallel to each other approximately 2 cm apart. The nickel
electroplating was performed at a constant current density of 5 mA cm-2 for 180 min to obtain a
20 μm wall thickness on the microneedle. Post-electroplating lift-off was performed by dissolving
the underlying conductive polymer layer to separate the electroplated nickel from the SU-8 pillars
to produce hollow nickel MNs. Several modifications made to the process developed by Mansoor
et al. (2013) included replacing Figure 4f with deposition of a metal conductive layer on the
CB/PMMA layer, and depositing a non-conductive polymer on the tip of the MN prior to
electroplating.
1.2.1.3. Biosensing and Therapeutic Drug Monitoring
Emerging clinical biosensor concepts promise significant improvements to TDM, disease
diagnostics, and treatment planning. Over the past decades, many clinical biosensing systems have
been developed and commercialized for TDM (i.e., glucose monitoring in diabetic patients [29]),
early detection of disease (i.e., HIV [30] and malaria [31]) bodily changes (i.e., pregnancy [32]),
and for other diagnostics applications, as summarized by [33]. TDM is the process of measuring
the concentration of biomolecules, often active pharmaceutical ingredients, in blood that, with
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proper interpretation, will influence therapy and future medical procedures [34]. TDM is of utmost
importance when drug candidates with a narrow therapeutic window is administered (Figure 5),
since outside of this window, a patient could be over-dosed to cause potentially life-threatening
side-effects or under-dosed to provide ineffective therapy [35]. Similarly, there are biomolecules
that become available in the blood after intake with food and beverages, such as glucose, that are
not therapeutic drugs, but rather metabolic and/or disease causing agents that need to be monitored.
Ability for continuous monitoring of such biomolecules provide information for timely and
effective treatment to ensure health and wellbeing of patients [36]. Elevated levels of certain
biomolecules and analytes, such as nitric oxide, can indicate the occurrence of physiological
changes in the human body, like development of cancer; and monitoring of such biomolecules will
lead to early diagnosis of health issues for medical attention and treatment [37-39].

Concentration

Toxic range

Therapeutic
range
Steady-state
concentration
Area under the curve

Sub-therapeutic range

Multiples of elimination half time

Figure 5. A typical therapeutic drug monitoring profile showing the narrow therapeutic window
[35]. The red line indicates the blood concentration profile of the drug during multiple dosing,
while the ideally provided blood concentration required for therapy is given in blue. The total
dose delivered by the blue curve is given as the light blue area and is called the area under the
curve (AUC).
8

TDM and diagnostic testing are conventionally conducted in blood samples withdrawn from
patients at regular intervals to guide treatments [40]. Blood sampling utilizes an invasive needle
or another sharp device, such as a lancet, to access blood for extraction from capillaries or veins.
At least 100 µL of whole blood is required at a time for most TDM assessments [41]. Whole blood
typically requires processing, such as centrifugation to extract serum, before analysis is performed.
Most analytes in the blood are separated and quantified using expensive and time-consuming
laboratory processes, including chromatography and mass spectrometry techniques like liquid
chromatography/mass spectrometry (LCMS) [40]. Delays are observed from these involved TDM
analysis techniques and present significant opportunities to improve TDM and diagnostics
procedures in medical practice. As a concrete example, vancomycin (VAN), an antibiotic that acts
against gram-positive bacteria, is a TDM drug. It is clinically used as a last resort to treat
methicillin-resistant Staphylococcus aureus infections, which cannot be treated with most other
antibiotics [42, 43]. VAN is administered intravenously, and peak therapeutic levels range between
20-40 µg mL-1, with trough levels being 3-10 µg mL-1 [23, 44]. Above therapeutic levels, VAN
can cause severe side-effects such as nephrotoxicity (renal failure) and ototoxicity (irreversible
deafness) [44]. Several assay kits are commercially available to monitor the concentration of VAN
in patients under treatment. This includes the VANC Flex® cartridge (Siemens Healthcare
Diagnostics Ltd., UK), the QMS® Vancomycin (VANCO) assay (Thermo Fisher; Microgenics
Corp., Fremont, CA, USA), and the Emit® 2000 Vancomycin assay (Beckman Coulter Inc., Brea,
CA, USA). All these tests require the use of large volumes of serum, between 50-100 µL, collected
from blood samples (typically > 1 mL) drawn from the patient. This procedure needs to be repeated
as frequently as 3-4 times daily to guide therapy and prevent side effects. Not only do these TDM
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kits result in high costs and use of laboratory equipment, but they also expose the patients to an
invasive procedure and require their hospitalization during the whole treatment. The availability
of point-of-care TDM systems to be used by the patient directly could be extremely valuable and
reduce healthcare expenses associated with VAN treatment.
An exciting field of research related to TDM and diagnostics involve the exploration of ISF and
other biological fluids for biosensing of biomolecules that correlate with blood concentrations. A
number of comprehensive studies on TDM for antibiotics (i.e., vancomycin, gentamicin),
immunosuppressants (i.e., mycophenolic acid, tacrolimus), anticonvulsants (i.e., valproic acid),
chemotherapeutics (i.e., carboplatin, methotrexate), and other drugs have found strong correlations
in many drug concentrations between ISF and blood/serum (Figure 6) [21-23]. With the
development of technologies that allow access to ISF, such as MNs for minimally-invasive
medical applications, novel concepts have already begun to emerge in efforts to replace
conventional TDM and point-of-care diagnostic methods.

Figure 6. Concentration-time profiles for glucose and vancomycin in blood and interstitial fluid
in rabbits [21].
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1.2.1.3.1.

Microneedle Technologies for TDM

MN technologies have been developed, prototyped, and evaluated in vitro and in vivo for their
respective TDM, diagnostics, and physiological health monitoring, as described in this section.
Work performed to date has explored many strategies to employ MN devices for minimallyinvasive diagnostics and monitoring activities creatively and uniquely. These strategies include
point-of-care diagnostics devices using MNs for ISF extraction followed by off-device analysis,
ISF extraction followed by on-device analysis, and without ISF extraction at all; and continuous
monitoring systems using MNs. As the area of MN-integrated biosensors for TDM and diagnostics
improve and continue to develop, it is likely that more unique and creative approaches will emerge
to change the ways current TDM procedures are conducted.
ISF Extraction Device for Off-Device Analysis
ISF, which is abundant in the skin layers, is tightly trapped in its extracellular matrices [20]
presenting challenges to successful and repeatable extraction for biosensing applications.
Considering that ISF is present at ~ 20 nL mm-2 in the epidermis and ~ 800 nL mm-2 in the dermis
[20], extracting large volumes of ISF for quantitative biomolecule analyses appears to be a major
roadblock in developing biosensors for ISF extraction. However, several studies have successfully
demonstrated various techniques for ISF extraction from the skin, followed by analysis of its
content outside the ISF collecting MN device (termed off-device analysis hereforth).
In one of the first studies exploring the potential of ISF extraction using MNs, Wang et al. (2005)
used a glass MN device to penetrate 0.7-1.5 mm into the skin in hairless rats and healthy adults,
and collect ISF using a 200-500 mm Hg vacuum for 2-10 min [45]. They collected 1-10 µL of ISF
and measured ISF glucose concentrations, and compared to blood glucose collected from the tail
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vein of rats and finger sticks in humans. ISF glucose levels correlated well with blood glucose
levels in rats and human subjects, although a 20 min time lag was observed. Several practical
challenges faced during implementation of this method included multiple steps required to conduct
the analysis, requirement of transferring the fluid out of the collection device for analysis, and
evaporation of the collected fluid leading to measurement variability and error. Nonetheless, Wang
et al. provided the first indication of ISF extraction through pores created through MNs on the
skin.
To overcome the need for vacuum-assisted extraction of fluid and risk of ISF evaporation,
Sakaguchi et al. (2012) developed an alternative approach to poke-and-collect [46]. Sakaguchi et
al. utilized solid MN arrays to create micropores on the skin surface of human subjects through an
applicator-driven insertion. Upon removal of the MN arrays, a hydrogel patch was placed on the
MN treated area of the skin to facilitate the collection of ISF from the skin by swelling action.
Glucose and sodium ion concentrations were determined from the hydrogel matrix to generate the
area under the curve (AUC) for ISF (as shown in Figure 5), and compare to plasma glucose from
the oral glucose tolerance test (OGTT). Sakaguchi et al. found strong correlations between the ISF
and plasma glucose levels, providing a simple solution for glucose measurements without
requiring blood. While they could extract and assess multiple analytes from ISF through one
process, drawbacks of the proposed process included prolonged measurement time compared to
the standard measurement, large number of steps required to obtain a measurement, and variability
in the rate of fluid collection during sampling.
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Combining the approaches used by Sakaguchi et al., Donnelly et al. (2014) developed a hydrogelforming MN array, which increased its mass upon skin insertion, due to uptake of ISF from the
skin by the hydrogel [47]. These MNs were fabricated using blends of hydrolyzed poly(methylvinylether-co-maleic anhydride) and polyethylene glycol (PEG) crosslinked by esterification.
Initially, it was shown that the mass of the MN array increased by 30% after 6 h of being inserted
in the skin. In a subsequent study, Caffarrel-Salvador et al. (2015) demonstrated ISF extraction by
swelling action of these hydrogel-forming MNs during insertion for 1-2 h ex vivo into excised
porcine skin, and in vivo into rats and human subjects (Figure 7) [48]. Theophylline and caffeine
were extracted from the hydrogel MNs and assessed using high performance liquid
chromatography (HPLC), while glucose concentration was determined using a glucose assay kit.

Figure 7. Hydrogel-forming microneedles for extraction of analytes from ISF [48].
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In a similar development, Romanyuk et al. (2014) developed solid MN patches with cross-linked
hydrogels composed of poly(methyl vinyl ether-alt-maleic acid) and PEG, and demonstrated ISF
uptakes up to 50 times the original array volume [49]. These patches were manually inserted by
pressing into rat skin in vivo for 1 h to extract ISF, followed by wetting the MN patch with 0.1 mL
of water and ultracentrifugation to extract the collected ISF from the hydrogel matrix. Though the
ability to extract ISF was demonstrated through hydrogel-forming MN arrays, there were major
limitations that need to be overcome for these devices to be commercially viable. These limitations
include, but are not limited to, prolonged ISF collection periods, a need to extract the ISF and its
content from the hydrogel matrix, the requirement of large volumes (microliter-range) of ISF for
sample evaluation, and the requirement for large and expensive laboratory equipment to conduct
measurements.
ISF Extraction for On-Device Analysis
Due to the limited volume of ISF that could be extracted from the skin, MN-integrated biosensing
systems were developed to extract ISF and perform the biomolecule analysis on-device, without
being transferred to a separate instrument. In most on-device examples, the collected ISF is
transferred out of the MNs to a different compartment of the same biosensing system, such as a
fluid reservoir or a sensing chamber.
In the earliest demonstration of the capability of ISF extraction using MNs, Mukerjee et al. (2004)
designed an integrated biosensing system with a hollow MN array for transdermal biological fluid
extraction and sample analysis, all in one integrated device [26]. Hollow silicon MN arrays were
fabricated using a combination of DRIE, diamond blade circular sawing, and wet chemical etching
techniques. MN lumens were connected to a microfluidic chip located at the backside of the MN
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array, where continuation of the MN lumens to microfluidic channels ensured the flow of fluid by
capillary action to the desired location in the chip. Mukerjee et al. demonstrated the ability of the
MN biosensing system to collect non-biological and biological fluids, such as water, glycerol, ISF
and whole blood using this system. They demonstrated the ability of their hollow MN system with
a “snake fang” tip design to extract ISF in vivo from human earlobe skin over a 15-20 min period.
The extracted ISF was analyzed qualitatively for glucose by placing components of a commercial
blood glucose test strip on the fluid reservoir behind the MN array in the chip, and observing a
color change in the test strip that indicated a glucose concentration between 80-120 mg dL-1. The
drawbacks of the sensor developed by Mukerjee et al. were the needs for microliter-level volumes
of ISF for analysis, prolonged time to collect ISF, and transfer of ISF to the backside of the MN
for analysis.
In a similar, but potentially more advanced approach for glucose sensing, Zimmerman et al. (2004)
developed a hollow silicon MN array to be integrated into an enzymatic glucose sensor with a
porous dialysis membrane [50]. Using this glucose sensor, Zimmerman et al. demonstrated a
significant sensor response after exposure to ISF suggesting the capability and potential for glucose
sensing.
A decade later, Strambini et al. (2014) developed a similar glucose sensing MN device with hollow
silicon-dioxide MN arrays, containing projections at 100 µm height, 4 µm tip diameter and 1 x 106
needles cm-2 [51]. These MN projections were an order of magnitude smaller than other MN
technologies that have been used for biosensing. A 10 µL volume reservoir on a chip is integrated
to the backside of the MN array for ISF collection via capillary action through the MN lumens. A
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screen-printed enzymatic glucose sensor was integrated to the chip located at the back of the MN
array. The MN sensor was assessed for glucose in MN-extracted simulated ISF from a reservoir
in a petri dish, where the volume uptake was estimated gravimetrically as the mass loss in the petri
dish. This MN sensor could determine glucose at a detection range between 0-35 mM at an
accuracy within ± 20% of the actual glucose concentration in sample, a sensitivity of 0.46 µA
mM -1 and a limit of detection (LoD) of 0.6 mM. Compared to Mukerjee et al. and
Zimmerman et al., Strambini et al. showed that their device can perform rapid and quantitative
analysis of glucose in ISF, although no in vivo evaluation was conducted. Besides that, similar
drawbacks were seen in Strambini’s system compared to Mukerjee et al., including the need to
move the sample outside of the MN array for detection and micro-liter level of fluid for
biomolecule analysis.
Microneedle-Biosensors without ISF Extraction Requirements
Considering the challenges of extracting ISF, several research groups have developed MNintegrated biosensors for TDM and diagnostics purposes that did not require ISF extraction.
Corrie et al. (2010) developed a point-of-care diagnostic device to selectively extract biomarkers
directly from the skin using solid microprojection arrays (MPAs), made by deep reactive ion
etching of silicon, to eliminate the need for blood draws for diagnostics [38]. The diagnostic device
was evaluated on its capability to capture anti-FluVax®-IgG antibody, 21 days after administration
of the FluVax® from the epithelia. Corrie et al. surface-functionalized the MPAs with thiolated
PEG after coating the surface with a layer of gold, and grafted anti-FluVax®-IgG capture proteins.
After applying the MPAs for a period of 10 mins in serum and in vivo in mice ear skin, fluorescence
intensity measurements on the MPA surfaces were determined by confocal microscopy. Further,
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the functionalized MPAs were assessed by an enzyme-linked immunosorbent assay (ELISA)
method for anti-FluVax®-IgG capture after insertion in mouse ear skin for 10 min. Sensitive
detection capability of the anti-FluVax®-IgG biomarker showed promise for the solid MN-based
minimally-invasive diagnostic devices. In addition, Muller et al. (2012) modified the surface of
the MPAs to immobilize anti-NS1 monoclonal capture antibody to bind the NS1 antigen, which is
a biomarker for dengue fever, in mice over a 20 min duration [52]. Using an ELISA assay in a 96wellplate, the captured concentration of the NS1 biomarker was quantified at a detection limit of
8 µg mL-1. Development of surface-functionalized MPAs has eliminated the need for a set volume
of ISF collection for analysis, which is a significant advantage, given the limited availability of
ISF in the skin. However, the prolonged duration for biomarker capture (10-20 min) and the need
for expensive and large laboratory equipment, such as a confocal microscope and 96-wellplate
readers for measurement present drawbacks to using MPAs for diagnostics.
Windmiller et al. (2011) designed and developed an electrochemical biosensor using a twocomponent MN system, which included solid and hollow MN devices, for monitoring glutamate
and glucose (Figure 8).
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Figure 8. Bicomponent microneedle electrode system consisting of integrated hollow and solid
microneedle arrays for glutamate monitoring [53].
The solid MNs were positioned inside the hollow MN, closing the lumen of the hollow MN and
providing microcavities, where analyte recognition enzymes (glutamate oxidase and glucose
oxidase) were entrapped in a poly(o-phenylenediamine) film by an electropolymeric process [53].
This entrapment ensured the rejection of interfering electroactive compounds in the sample. The
electrochemical sensor was assessed for detection of glutamate and glucose in vitro in a buffer
solution and in undiluted human serum. The sensor measured the pathophysiological glutamate
concentration range (0-140 µM) at a sensitivity of 8.1 nA µM-1 and a LoD of 21 µM. Similarly,
the sensor detected glucose over its pathophysiological range from 0-14 mM at a sensitivity of
0.353 µA mM-1, a LoD of 0.1 mM, and a signal-to-noise ratio (SNR) of 3. Similar to Keum et al.
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and Corrie et al. the major benefit of this technology is the lack of need for extraction and sampling
of biological fluids in monitoring and diagnostics applications.
Similarly, Miller et al. (2012) devised an all-in-one MN-based sensor for in vitro amperometric
detection of pH, glucose, and lactate to monitor metabolic acidosis and presence of tumors [39].
Hollow MNs in an array were aligned with a well, which was filled with a carbon paste for sensing
either pH, glucose, or lactate, and electrically isolated from one another. Change in pH, glucose
concentration, and lactate concentrations in ISF-like physiological conditions (between pH 5-8)
was detected by the carbon electrode in 0.1 M phosphate buffer against an external Ag/AgCl
reference and Pt counter electrodes. However, the sensitivity of detection using this sensor (2.5
nA mM-1 glucose) was significantly lower than previously mentioned approaches. In addition,
Miller et al. demonstrated the potential of a cell-resistant coating, called Lipidure®, to prevent
biofouling of the sensors by macrophage adhesion, which is expected to increase the lifetime of
the sensor in vivo when implanted as an array of sensing electrodes.
Keum et al. (2015) developed a MN sensor system (MSS) using a solid MN array connected to an
endomicroscope for detection of colon cancer [37]. The MSS was fabricated using
polycaprolactone, with coatings of polydopamine and poly(3,4-ethylenedioxythiophene), followed
by functionalization of hemin molecules on the surface for nitric oxide (NO) binding and detection.
Keum et al. confirmed the performance of the MSS for NO detection in vitro in simulated
biological fluids and cell culture media, and in vivo in melanoma tissue. Further, when the MSS
combined with the endomicroscope was inserted into mice melanoma polyp regions, a sudden drop
in the current detected by the electrical sensor was observed, compared to lack of significant
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change in the current in normal tissue. The MSS, operating at 100 mV, demonstrated detection of
NO at a high sensitivity of 1.44 µA cm-2 µM-1 with a LoD of 1 µM NO to detect and distinguish
cancer tissues in vivo from normal tissue in real-time. Further developments to this MSS system
for clinical applications will contribute significantly to improve early detection of cancers.
Continuous Monitoring Microneedle Devices
One of the most promising applications for MN-integrated biosensors is continuous monitoring of
biomolecules from the skin’s ISF. Though some approaches described previously hinted at the
possibility of continuous monitoring, this area of research and development remains to be explored
in greater detail.
The first ever MN-based continuous monitoring device that could be partially implanted in the
epidermis was developed by Jina et al. (2014), who developed a hollow MN-integrated continuous
glucose monitoring (CGM) biosensor [54]. They demonstrated its capability accurately and
continuously measured glucose concentrations in the body using ISF. The first prototype of this
CGM biosensor consisted of a silicon MN array (~200 hollow projections), a glucose sensor, an
electronics module, and a fluid flow system. The sensing chamber in Figure 9, which was located
outside the cross-section of the skin, was filled with a proprietary buffer solution containing
phosphate and citrate ions to perform mutarotation of glucose and reduce the rate of wound healing
in the skin due to the tissue damage caused by the MN insertion, respectively. In doing so, this
CGM biosensor was designed to be inserted into the epidermal layer of skin to allow glucose
present in the ISF to passively diffuse to an external glucose sensor that is located behind the MN
array. This approach was unique from other MN-integrated biosensors, since ISF extraction was
not required as a primary function of the device.
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Figure 9. Continuous glucose monitoring biosensor [55].
The biosensor, which is currently being commercialized by Arkal Medical (Fremont, CA, USA),
was clinically evaluated in 10 patients, who have received insulin treatment for over 16 years.
CGM was done over periods of 48 h and 72 h (Figure 10), and measurements were compared to
finger stick blood glucose levels [54].

Figure 10. Continuous glucose monitoring by the microneedle biosensor compared to reference
blood glucose [54].
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A lag time of 17 min was found between the ISF glucose measurements and the blood glucose
measurements, but this lag time was comparable to other commercialized subcutaneously
implanted glucose sensors [56]. The method introduced and validated by Jina et al. for monitoring
analytes in the ISF using hollow MNs can be applicable and useful for other TDM candidate drugs
to obtain real-time data to guide therapy.
1.2.2. Structure and Mechanical Properties of Human Skin
The human skin is a multilayered structure, which consists of the SC, the viable epidermis, the
underlying dermis, and the hypodermis. Figure 1 depicts a cross sectional view of the human skin
[2]. The SC, the top most layer of skin and part of the epidermis, forms the organ’s impermeable
barrier against the external environment. It is a 10-20 μm thick layer made of dead cornified cells,
known as corneocytes (terminally differentiated keratinocytes), produced by the underlying viable
epidermis. These corneocytes are flat hexagonal cells with diameters of approximately 30 μm.
Partial overlapping and mechanical coupling of corneocytes via protein rivets, along with lipid
layers, allow the formation of a mechanical scaffold in the SC [57]. Therefore, the SC is tougher
and stiffer than the other layers of the skin [58], and it is predominantly responsible for the
hydrophobic nature of the skin [59].
The viable epidermis is approximately 50-150 μm in thickness depending on the location of the
skin in the body. It is mainly composed of keratinocytes, which are constantly regenerating cells,
and antigen-presenting Langerhans cells (LC). The primary functions of the epidermis are to
rebuild and repair the SC, which is continuously subjected to external stresses and damages. The
regeneration process of the epidermis is shown in Figure 11 [60].
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Figure 11. Structure of the human living epidermis, containing melanocytes and keratinocytes
that differentiate and establish unique strata [60].
Briefly, mitosis of keratinocytes commences in the innermost epidermal layer of the stratum
germinativum, the stratum basale. Resulting daughter keratinocytes are pushed upwards towards
the stratum spinosum, where a cell density increase is observed. These cells eventually arrive at
the stratum granulosum, where they accumulate lipid granules to establish the hydrophobic
characteristic to maintain the water barrier. Continued differentiation of keratinocytes in the
stratum granulosum leads to the loss of the nucleus and therefore a flattened morphology in the
stratum lucidum. Melanin, a pigment produced by melanocytes in the stratum germinativum is
transferred to the keratinocytes in the stratum lucidum to impart pigmentation. The final product,
the SC, is made of completely differentiated dead keratinocyte (corneocytes) combined with
intercellular lipids [61]. Due to the absence of nerve or vascular networks in the epidermis, it relies
on the dermis layers of skin for nutrients to remain functional [62].
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The dermis layer, a major constituent of the skin as an organ, is composed of collagen and elastin
fibers, fibroblasts, fibronectin, proteoglycans, and glycosaminoglycans [63]. It is 1-2 mm in
thickness, depending on the location of the skin in the body. It hosts and supports nerve endings,
hair follicles, and blood vessels, while providing energy and nutrition to the epidermis [58].
Fibrous collagen networks of the dermis contribute to the skin’s tensile strength and elasticity,
while supporting nerve and vascular networks. The dermis layer has two different regions, namely
papillary and reticular regions. The collagen fibers are small and loose in the papillary region,
whereas they are tightly and densely packed in the reticular region [59].
1.2.2.1. Mechanical Properties
Quantitative analyses of structural and mechanical properties of skin are difficult to perform for a
given population, as these properties are dependent on many factors, including age, race, skin type,
relative humidity (RH), temperature, location in the body, and the individual itself. In general, skin
is a non-linear viscoelastic, heterogeneous, and anisotropic material [64]. A typical stress-strain
curve for full-thickness skin follows a “J-shape”, which can be described as non-linear stiffening,
as depicted in Figure 12 [65].

24

Figure 12. Stress versus strain relationship of skin resulting in a J-shaped curve. Regions marked
I-III represent low to high modulus responses, respectively[65].
The observed relationship is believed to be a result of the change in collagen fiber arrangement
and behavior in the dermis as a function of strain, as illustrated in Figure 12 [66]. At low strain
levels (region I), the collagen fibers are in a relaxed condition (not mechanically active), and as a
result they appear wavy [65]. The unstretched skin in region I displays isotropic behavior, like a
soft rubber sheet, and conforms to Hooke’s law, which describes that force
F=kx

(1)

required to displace a spring or a linear-elastic material by a distance x is directly proportional to
that distance, where k is the material stiffness. The Young’s modulus (E) is used to characterize
elastic materials based on the ratio of stress to strain along an axis in a stress range where Hooke’s
law holds true (Hookean region). It provides a measure of material stiffness. As the strain increases
(region II), collagen fibers begin to stretch to line up and bare the load, producing a non-linear
response. Further increase in the strain (region III) leads to complete stretching of the collagen
fibers, and enhancing the tensile stress on the fibers. A linear stress-strain relationship is observed
in region III. Beyond region III, increasing the strain will eventually cause breakage of fibers [65].
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Though Figure 12 represents the strain-stress relationship to describe mechanical properties of
full-thickness skin, individual skin layers possess distinct and unique properties from one another,
which may be more relevant to transdermal applications. The SC, being the stiffest layer of the
skin, has shown an estimated range of Young’s modulus between 6 MPa (at 100% RH) to over
8,900 MPa (at RH < 30%) depending on the patient-to-patient variability, location in the body,
temperature, RH, and the method of analysis [67]. The effect of RH on tensile properties of the SC
were examined by Wildnauer et al. (1971), as shown in Figure 13 [68].

I

II

III

Figure 13. Tensile force versus elongation profiles for human stratum corneum at different
relative humidity conditions. Regions I-III represent Hookean, yielding, and strain-hardening
regions, respectively. Stratum corneum sample size was 8 mm (length) x 2 mm (width) [68].
At low RH, the elongation profile was limited to the Hookean region (region I, where strain is
proportional to applied stress), and fracture occurred at less than 25% elongation at high loads,
resulting in a high Young’s modulus response. As the RH increased, the elongation to fracture
increased (~103%) and the load to fracture decreased, while yielding (plastic deformation) was
observed. As the hydration approached 100% RH, all three regions were observed: a Hookean
region with elongation up to 10%, yielding between 20-125% elongation, and strain-hardening,
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prior to fracture at ~190% elongation. The combined lower epidermal (below the SC) and upper
papillary dermal regions have shown significantly less stiffness compared to the lower reticular
region of the dermis closer to the subcutaneous fat layer [69].
Table 1 summarizes the Young’s moduli of full thickness skin and individual layers determined
using many methods and models [70].
Table 1. Published Young’s moduli for human and porcine stratum corneum, dermis, and fullthickness skin. Young’s moduli were determined by numerous mechano-analytical methods (±
estimated standard deviation, where data available) [70].
Skin
Skin Source
Method
Young’s Modulus

Full Thickness

Dermis

Stratum Corneum

Forearm and dorsal hand skin from human
subjects

Sonic
Velocity

Human
cadaveric
skin
from
the
thorax/abdomen of subjects 60+ years of age
Human cadaveric skin from the thigh,
abdominal, and lower back of three female
Caucasian subjects between 76-88 of age

13 MPa ± ~19%[71]
210 MPa ± ~7%
(76% RH) [72]

Tensile in
vitro

1,000 MPa ± ~120%
(32% RH)
5 MPa ± ~85%
(100% RH) [73]
10 MPa ± ~56% (wet)
100 MPa ± ~13% (dry)

Porcine stratum cornea extracted via trypsin
digestion

Indentation
in vitro

Inner forearm of Caucasian men

Indentation
in vivo

35 kPa ± ~16%[75]

Forearm of 13 human male subjects from 2947 years of age

Suction in
vivo

35 – 56 kPa[69]

Inner forearm of Caucasian men

Indentation
in vivo

4.5 – 8 kPa ± ~12%[75]

Inner forearm of 20-year old female subject

Indentation
in vivo

5.7 kPa[76]

Torsion in
vivo

420 kPa ± ~50%[77]

Forearm of individuals from 3-89 years of age
Forearm of individuals from 6-61 years of age
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[74]

41 kPa ± ~44% [78]

Skin Source

Method

Young’s Modulus

61 normal subjects of both genders and
various ages

Uniaxial
Strain in
vivo

300 kPa ± ~20%[79]

Calf of several human subjects of both genders

Uniaxial
Strain +
Suction in
vivo

0.6 – 4 MPa[80]

Forearm of healthy human volunteers (54 men
and 69 women) from 8-90 years of age

Torsion in
vivo

1.1 MPa ± ~20%[81]

Skin

1.2.3. Skin Fracture
Penetration of MNs and other devices through the skin SC results in rupture and reversible
deformation of the tissue [82]. According to Griffith’s theory, which describes the general
principle of fracture mechanics of elastic materials [83], the energy required for skin fracture
δWC = P δl - δϕ

(2)

with the displacement δl of some load P into skin, and δϕ is the stored strain energy in the skin
when forming the crack with a needle-like structure. As the pressure required to force the load P
to form a crack increases, δϕ increases, which consequently increases the potential for the crack to
close upon retraction of needles from the skin.
There are two penetration mechanisms for needle structures in skin and soft solids – mode-I and
mode-II crack propagations. These mechanisms depend on the geometry of the needle tips, as
shown in Figure 14 [82].
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Figure 14. Penetration mechanism of soft solids by a sharp-tipped punch/needle leading to a
mode-I crack and a flat-tipped punch/needle leading to a mode II crack and a compressed
column of tissue [82].
It has been previously proposed that the crack propagation in skin occurs when the energy
delivered by a needle structure exceeds the energy required to create a tear in the soft tissue, and
that the skin penetration force for a needle structure depends linearly on its tip area [84]. This
assumption was used to predict the force of needle insertion into skin by Davis et al. (2004). A
mode-I crack (Figure 14), typically observed with sharp-tipped needles, occurs because of
perpendicular tensile stress on the penetration target. Increasing the sharpness of the needle tip
leads to a decrease in the penetration force and therefore the stored strain energy, allowing easier
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expansion of the crack [82, 84]. Mode-II cracks (Figure 14) are formed by shear stress parallel to
the crack plane, and are often observed with flat-tipped, hollow needles [85]. A higher penetration
force is required for flat-tipped needles to form a mode-II crack (relative to sharp-tipped needles
for mode-I cracks). A compressed column of solid material is formed ahead of the flat-tipped
needle in mode-II cracks. Chua et al. (2013) explored the mechanics of MN insertion using sharptipped and blunt-tipped silicon hollow MNs to cause mode-I and mode-II crack formation,
respectively [55]. Chua et al. (2013) found that the minimum applied pressure required to cause
fracture in the SC using a sharp-tipped MN was 9-fold lower compared to a blunt-tipped MN,
confirming the difference between mode-I and mode-II crack formation based on MN geometries.
The type of tissue influenced the force of incision of an object. For example, higher penetration
forces have been reported in pig skin compared to human skin [86], as well as in skin and muscle
compared to fatty tissue [87].
1.2.4. Human Skin Substitutes
The low availability or lack of freshly excised human skin specimens for biophysical and
biomechanical research involving skin, including bite mark research [88], wound healing [89] and
transcutaneous device testing of MNs for example [70], can be challenging for technological
developments in many disciplines. Potential reasons for the difficulty in acquiring human skin for
research and development work range from ethical considerations [88] to a lack of donors.
Mechanical properties of human skin can vary as a function of source (i.e., race, gender, age, and
body location), state (i.e., fresh/live, frozen, and immersed in solution), and environmental
conditions (i.e., temperature and RH). The measured properties can also depend on the testing
protocol which typically measures force versus distance relationships during tension, compression,
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and indentation. Much work over many decades has assessed the mechanical properties of human
skin to identify the factors affecting the mechanical behavior of skin as a whole, as well as
individual layers [68, 69, 75, 77, 90-92]. Mechanical properties have been tabulated previously
[70, 93] to illustrate the large variability in the mechanical responses of skin.
Table 2. Anatomical and compositional differences between human and porcine skin.
Skin Layer
Attribute
Human Skin
Porcine Skin
Total lipid content
(% weight)

10 [98]

8 [98]

Polar lipid content
(% weight of total lipids)

70 [98]

64 [98]

Non-polar lipid content
(% weight of total lipids)

30 [98]

36 [98]

Thickness

20-40 µm [99]

12-31 µm [100, 101]

Thickness

50-120 µm [102]

30-100 µm [103]

Differentiating
corneocyte layers

4 (stratum
germinativum,
spinosum,
granulosum, lucidum)
[89]

3 (stratum
germinativum,
spinosum, granulosum)
[89]

Dermis

Relative elastic fiber
level

High [89]

Low [89]

Fullthickness

Moisture content
(% volume)

24-67 [104]

35-68 [99]

Stratum
corneum

Viable
Epidermis

Animal skins, especially from small mammals, have served as common substitutes for human skin
[91, 94]. However, different animal skin types possess significant anatomical and physiological
differences compared to human skin [95]. The most accurate model for human skin was found to
be porcine skin, from the perspectives of anatomy and physiology [88, 89], immunogenicity,
cellular composition, and morphology [96]. This led to the assumption that porcine skin would

31

also have similar mechanical properties to human skin. Many studies thus used porcine skin as a
substitute for human skin [73, 74, 97] without confirming the mechanical similarities of both skin
types in controlled experiments. Though similar in anatomy and composition, subtle differences
in the porcine skin structure may contribute to mechanical differences, as listed in Table 2.
1.2.4.1. Impact of Skin Storage
For storage, skin is typically frozen to preserve the skin’s mechanical properties without inducing
biological decomposition and structural changes [93]. Compared to other skin preservation
methods, such as using formaldehyde for histology or embalming dead bodies, freezing induces
the least structural and mechanical changes to skin. Micozzi (1986) showed that freezing causes
mechanical disruption of skin and connective tissues leading to a decrease in stiffness in rat skin
[105]. Foutz et al. (1992) showed that freezing at -70 C did not affect the in-plane Young`s
modulus, loading response and the ultimate tensile strength of rat skin, but significantly lowered
its fracture strength [94]. More recently, in a non-mechanical characterization of skin, Mansoor et
al. (2015) showed that freezing increases the diffusivity of drugs in porcine skin, most likely due
to ice crystal formation during the freezing process, which subsequently leads to structural damage,
increased porosity, and possible changes in the mechanical properties of the skin. The diffusion
coefficient of doxorubicin was higher in frozen and thawed porcine skin compared to freshly
excised porcine skin. The observations by Mansoor et al. (2015) agreed with the findings of
Kasting and Bowman (1990), who found that the permeability of sodium ions in fresh human skin
was significantly lower than in previously frozen human skin [106, 107]. Since most indications
on the likelihood of mechanical changes in human skin due to freezing were derived from small
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animal and non-mechanical studies, there is a need to determine the effect of freezing on the
mechanical properties of human skin directly.
The mechanical properties of skin have a significant impact on how MNs can be applied to the
skin surface. MNs are insertion-tested on skin as a quality control measure and to demonstrate
successful penetration through the SC. Only a small number of MN insertion tests were conducted
over the past decade directly in alive humans [55, 84] due to challenges in accessing these human
skin tissues. The majority of other skin indentation tests have been conducted using human cadaver
skin [108, 109], frozen and thawed human skin [110], fresh porcine skin [106], frozen and thawed
porcine skin [16, 111], and other animal skins [18, 112]. Thus, the MN insertion characteristics
from these studies are difficult to compare with each other and were not able to fill the gaps in the
knowledge surrounding the interactions between skin and MNs.
1.2.4.2. Artificial Skin Models
Artificial human skin, made typically in laboratories using tissue engineering and/or various
polymer scaffolds, is mostly designed for use in skin replacement during surgical procedures,
testing pharmacological effects of therapeutic agents, and to replace the use of animals in preclinical testing. Due to the complexity of human skin, both in structure and function, an accurate
and fully functional artificial skin replacement has not been developed to date. Various skin and
soft-tissue models have been fabricated using biomaterials and cell sources, as described below.
More recently, microfluidic patterning devices to fabricate polymer composite soft-tissue models
using multiple hydrogels carrying biomolecular payloads have been developed [113].
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1.2.4.2.1.

Tissue-Engineered Models

Tissue engineered skins are used to improve and replace biological functions of skin by using a
combination of cells, engineered materials, and biochemical and physiochemical factors. Tissue
engineered skins, including cell-free and allogeneic cell-containing substitutes, are primarily used
to prevent fluid loss; protect from contamination; deliver dermal components, growth factors, and
cytokines to the wound; enhance the wound’s healing process; and as temporary coverings for
wounds until an autograft is available. Cell-free skin substitutes can also be used in combination
with autografts for further surface protection. Tissue engineered skin models are especially
advantageous, compared to autografts, in terms of availability, manufacturing costs and mass
production. An illustration of the basic process of producing tissue-engineered skin models is
shown in Figure 15 [60].

Figure 15. Basic principles and process of skin tissue engineering [60].
Briefly, keratinocytes, fibroblasts and type-I collagen are isolated from the human donor tissues
and cell cultured for expansion. Fibroblasts and type-I collagen are seeded in an appropriate
scaffold material (typically hydrogels) and allowed to proliferate to establish the dermal equivalent
in a tissue-engineered skin model. Keratinocytes and melanocytes are plated on top of the dermal
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compartment of the model to grow the epidermal substitute. Approximately 24 hours post-plating,
the entire full-thickness skin is transferred to a steel grid (to an air-liquid interface) to allow further
development of the epidermal layer into a multilayered stratified tissue [60]. These skin models
can be categorized per the structure and function of the skin that they are made to represent and
replace, including epidermal, dermal, and full-thickness substitutes.
1.2.4.2.2.

Mechanical Skin Models

There are needs for artificial skin models that do not require extensive cell culturing and tissue
regeneration, but instead possess similar mechanical properties to human skin. Such applications
include the testing of percutaneous medical devices in vitro and the development of transdermal
drug delivery methods. In recent years, a number of artificial mechanical skin models (AMSMs)
have been suggested in the literature, based on polydimethylsiloxane, polyurethane, and hydrogels
[114-118]. Many of the suggested models have not been originally designed to simulate the
mechanics of human skin, and none of them have been scientifically validated against human skin
to be an adequate mechanical representation thereof.
A full-thickness skin can be considered as being composed of three layers: a SC, a viable
epidermis, and a dermis. Though the SC is the upper portion of the epidermis, they do not share
the same mechanical properties. Therefore, the SC must be stronger and stiffer than the subsequent
two layer, and must be isotropic and viscoelastic. For the fabrication of such a model using
polymers, several options are available. For example:
•

Biopolymers, such as polyaspartates, are water-insoluble, flexible, and biodegradable. A
drawback for their utility is the high cost.

35

•

Hydrogels are highly water absorbing networks of hydrophilic polymer chains. Low
compressive strengths of hydrogels may limit their utility in modeling skin layers. Crosslinking hydrogels can increase their strength, which improves their potential use in artificial
skin models, especially to represent the hydrophilic dermal compartment.

•

Soft rubbers, such as polydimethylsiloxane (PDMS) elicit viscoelastic material properties, can
be easily fabricated, and spread easily over a surface.

PDMS is a type of silicone oil belonging to a group of polymeric organosilicon compounds, which
is frequently used in soft lithography processes to produce microelectromechanical systems
(MEMS) devices [119]. PDMS products can be used to fabricate the SC and epidermis with the
desired viscoelasticity, hydrophobicity, and high tensile strength. Transparency of PDMS in skin
models also allows visualization of percutaneous devices during in vitro testing. The choice of
mixing proportions of silicone rubber products allows to achieve desirable mechanical and optical
properties of the resulting mixture. These silicone rubber layers can be stacked together to form a
skin composite model, as performed by Passot and Cabodevila (2010) and depicted in Figure 16.
This model was designed and fabricated to simulate the heel of an infant for blood sampling. This
final full-thickness model was not compared to human skin for mechanical similarity.
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Figure 16. Soft lithography process of fabricating an artificial mechanical skin model from
silicone rubber products [114].
Koelmans et al. (2013) described a bi-layer mechanical skin simulant with a commercial
polyurethane foil and 3% (w/w) agarose gel to characterize the insertions of “large” MNs (> 1mm
in height) and 30-gauge sharp hypodermic needles (30G) [115]. Though the mechanical properties
of polyurethane foils were not examined by Koelmans et al. (2013), they typically possess an
ultimate tensile strength and a Young’s modulus of 17 MPa and 22 MPa, respectively [120], which
fall in the ranges of the human SC and PDMS. A justification for mechanical similarity between
the polyurethane-agarose skin simulant and the human skin was not provided.
1.2.5. Assessing Intradermal Delivery
The performance of ID devices during the delivery of liquid formulations into the skin is assessed
for dose accuracy and fluid wastage. The latter is typically assessed as backflow, the leakage of
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fluid from the injection site back onto the surface of the skin due to the skin’s resistance to
expansion [106, 121]. In the past, gravimetric, volumetric, and several imaging techniques have
been used to assess ID fluid delivery during product development [106, 121-123]. Gravimetric
analysis has been the go-to method used to determine dose accuracy (fluid delivery potential), fluid
wastage, and syringe/ID device dead-space according to ISO 7886-1:1993 and ISO 11608-1:2000
standards published by the International Standards Organization (ISO) [124]. Gravimetric analysis
has yielded relatively higher accuracy measurements of fluid delivery using hypodermic
needle/syringe devices compared to volumetric analysis [122]. During gravimetric analysis, the
delivery device is weighed without filling the fluid, after filling and priming the fluid, and after
injecting the fluid into the skin [122]. The difference in the mass of the syringe before and after
the injection provides the mass of fluid delivered into the skin, which can be converted to volume
of fluid delivered to determine the dose accuracy [122]. However, for ID product development,
the gravimetric method provides a number of challenges measuring the typical small delivery
volumes, including lack of measurement sensitivity, evaporation of fluid prior to measurement and
the inability to accurately capture fluid backflow as interfering liquids on the surface of the skin,
such as oil and sweat, can contribute to errors in measurement [125, 126]. Electronic balances are
used for measurement of mass of the syringe at various time points during dose accuracy
determinations with a typical accuracy of 0.0001 g, corresponding to 0.1 µL accuracy for water
[126]. For dead-space determination in hypodermic syringes per ISO 7886:1 1993, the gravimetric
measurement capability requirements are even weaker with listed sensitivity being 0.2 g (200 µL)
at an accuracy of 7 mg (7 µL). Therefore, an alternative, highly sensitive method for characterizing
ID fluid delivery is needed.
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Several imaging techniques that are described below have been used to assess, characterize, and
quantify fluid flow during ID fluid delivery, but they are inferior in performance to the gravimetric
analysis. Injection of X-ray contrast media into the skin using ID delivery techniques, capture of
top-view images of the skin at the injection site with an X-ray camera, followed by categorical
assessment of the resulting X-ray images based on a clinical scoring scale have been used
previously to determine the delivery location of fluid into the skin [121]. The X-ray imaging
mechanism did not provide direct measurements of the fluid delivered and fluid backflow. Laser
scanning confocal microscopy (LSCM) has been used for visualization of the skin [127] and
quantification of intradermal injections [106], but with significant drawbacks. These drawbacks of
LSCM include limited range of lasers to excite fluorophores, requirement of high intensity lasers
to penetrate into desired depths of skin for imaging, photo-bleaching of fluorophores and
destruction of viable tissues due to exposure to high intensity laser, and auto-fluorescence of skin
[127]. Thus, performing quantitative fluid flow assessments from ID injections in the skin using
LSCM has not been a feasible technique. A three-dimension ultrasound echography method has
been used to determine and locate fluid depositions in the skin using ID delivery techniques [121],
but was not a high sensitivity method for fluid flow quantification, due to the low resolution nature
of ultrasound imaging [128]. The ultrasound echography method provided bleb and fluid flow
profiles within the skin layers, alongside histology cross-sections.
A more powerful methodology involving coating a radio-labelled tracer protein (14C-ovalbumin)
to the payload of a solid MN array was explored by Pearson et al. [129]. The use of 14C-ovalbumin
allowed accurate measurement of the payload delivered to the skin and left on the solid, coated
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MN array; however, this method was only suitable for use with solid matrices, and not with the
injection of liquid formulations.
1.3. Gaps in Current Knowledge
Much research has been conducted on characterizing MN insertions into skin, but a large
variability in penetration forces and a non-reproducibility of results are challenges that have not
been addressed effectively. MN insertion forces from different authors are hardly comparable, due
to the differences in the MN geometries and insertion parameters (i.e., velocity and applicator
devices); the skin specimens (i.e., type, race, gender), skin location in the body, and preservation
state (i.e., frozen, or freshly excised); and external factors, such as RH and temperature.
Comprehensive and controlled mechanical assessments and MN insertion profiling in human skin
are necessary to understand the factors that influence the most important MN functionality – their
ability to penetrate through the SC layer.
To further facilitate the understanding of MN performance, development and validation of
standardized materials and protocols to evaluate the dynamic processes involved during MN
insertion into skin is necessary. Design and fabrication of skin models, which behave similarly to
human skin under compression and tension in controlled environmental conditions, would prove
invaluable to standardize the testing, evaluation, and comparison of MN devices. Such a substrate
will facilitate the study and understanding of the dynamics of MN insertions, which has not been
evaluated thoroughly to date. Understanding the dynamics of MN insertions will contribute to the
design and development of MN devices and applicators that can improve the ease of performance,
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increase the likelihood of success, and reduce the human error of MN insertion through the SC
layer.
MN devices are assessed for drug delivery performance into the skin. Presently, gravimetric
analysis is used to determine metrics, such as dose accuracy or fluid delivery potential, and fluid
wastage per ISO 7886-1:1993 and ISO 11608-1:2000 standards. However, due to the lack of
sensitivity of gravimetric and other methods used to assess MN performance, more precise and
sensitive methods are needed to determine how accurate MNs are during drug delivery. Low dose
requirements for medicine delivery using MNs compared to conventional intramuscular and
subcutaneous delivery demands more sensitive performance assessment methods for MN devices.
Most of the current TDM and biosensing practices involve blood extraction using hypodermic
needles or lancets. Correlations in drug concentrations between blood and the skin’s ISF makes
MN technologies particularly attractive for TDM applications, and might replace conventional and
invasive techniques. Most MN biosensing technologies that involve the extraction of ISF are faced
with the difficulty of extracting sufficient volumes for in situ analysis due to the lack of ISF in the
skin. This leads to challenges with repeatability of measurement, and transferring collected ISF to
analytical and measurement sites, typically outside of the MNs. Novel and creative designs and
modifications to MN technologies would help to overcome the difficulties with ISF collection,
leading to accurate and reliable biosensing.
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1.4. Objectives of the Dissertation
The research documented in this thesis aims to improve the understanding of MN functionality for
drug delivery and biosensing. The key objectives of this dissertation are to:
1

Determine how human skin and porcine skin, its closest biological substitute, behave under
mechanical stress and during MN insertion in different states and environmental conditions.

2

Develop an artificial mechanical skin model that simulates the mechanical properties of human
skin to provide a standardized platform for in vitro testing of MN insertions.

3

Determine the factors influencing MN insertion, including geometry and array design, to
develop MN insertion protocols to achieve repeatable insertions.

4

Determine the injection performance of hollow MNs, compared to conventional ID fluid
delivery techniques; and develop a precise method to evaluate MN performance.

5

Develop a MN-biosensing device to collect, trap and detect biomolecules directly in the hollow
MN with extremely low volumes of fluid.
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2. MICROMECHANICAL ANALYSIS OF BIOLOGICAL SKINS FOR
MICRONEEDLE INSERTION ASSESSMENT
Obtaining human skin samples for medical research, including developing MN-based
medical devices, is challenging. Researchers rely on human skin substitutes and skin preservation
techniques, such as freezing, to overcome the lack of skin availability. Porcine skin is considered
the best substitute to human skin, but their mechanical resemblance has not been fully validated.
This chapter provides a direct mechanical comparison between human and porcine skin samples
using a conventional mechano-analytical technique (microindentation) and a medical application
(MN insertions), at 35% and 100% RH. Human and porcine skin samples were tested immediately
after surgical excision from subjects, and after one freeze-thaw cycle at -80 C to assess the impact
of freezing on their mechanical properties. This mechanical comparison between human and
porcine skin will serve as a reference for mechanical studies involving the two skin types, and
assist in identifying the conditions where human skin can be simulated using porcine skin.1

1

A version of chapter 2 has been published:

Ranamukhaarachchi S.A., Lehnert S., Ranamukhaarachchi S.L., Sprenger L., Schneider T., Mansoor I., Rai K.,
Häfeli U.O., Stoeber B. A micromechanical comparison of human and porcine skin before and after preservation by
freezing for medical device development. Scientific Reports 6, Article number: 32074 (2016) doi:10.1038/srep32074.
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2.2. Materials and Methods
2.2.1. Biological Skin Preparation
The study obtained and utilized fresh human skin excised from the abdomen region in four
abdominoplasty patients under informed consent; and porcine skin excised from the abdomen of
four female miniature Yucatan pigs weighing 20-30 kg (Sinclair Bio-resources, Columbia, MO).
The use of discarded human skin samples for this study has been approved by the University of
British Columbia's Clinical Research Ethics Board and was performed per Canada's Tri-Council
Policy Statement (TCPS-2: 2014) and the chapter about the use of Human Biological Materials.
The use of animals for this study was approved by the University of British Columbia’s Animal
Care Committee and all experimental protocols conformed to the Canadian Council on Animal
Care guidelines.
In this study, excised tissues that were labeled as fresh skin samples were used approximately 2-3
hours after excision from the subject. All freshly excised skin samples from human and porcine
subjects were assumed to retain their mechanical properties from immediately after excision to
three hours after excision, when all mechanical tests were conducted. However, possible
degradation of mechanical properties of skin over the 3 hour period was not evaluated herein. A
portion of the freshly excised skin was immediately frozen at -80 oC for 48 hours, and thawed for
1 hour before testing. The freezing conditions at -80 oC were used to rapidly freeze the skin samples
and to minimize the impact of ice-crystal formation on the specimens. Samples were thawed for 1
hour at room temperature to ensure all ice formed during freezing melted rapidly without damaging
the skin composition. All skin samples were re-stretched to their original dimensions, cut, and
mounted on a rigid flat substrate prior to testing, since skin contracted rapidly from its natural
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dimensions. For example, the area of porcine abdominal skin samples obtained for this study
contracted by 50-64% post-excision. The SC layers were separated from the subsequent layers by
a mild heat treatment at 60oC for 180 s in a sealed plastic bag in a water bath [72, 130]. The SC,
epidermal/dermal composite (ED) after the SC was removed, and full-thickness skin composite
(FT) layers were stretched to their original dimensions. Skin samples were incubated at 35% and
100% RH conditions for 20 minutes before testing in glass petri-dishes. The 35% RH condition
represented a physiologically-relevant humidity level for skin, and was achieved by adjusting the
RH of the ambient air, which typically ranged between 32-38% RH. The 100% RH condition was
reproducibly attained for skin testing by placing wetted paper towel around the skin samples in a
closed petri-dish for 20 minutes; and had shown influence on skin mechanical properties in
previous analyses [74, 131]. As shown in Figure 13, the skin mechanical properties changed
significantly between 32% RH and 98% RH.
2.2.2. Micro-indentation of Skin Samples
Micro-indentation tests were performed using a Q400 TMA instrument at 35% and 100% RH, and
at 22 oC. The Q400 “penetration” probe (cylindrical tip, diameter of 0.89 mm) was loaded onto
and unload from the skin samples at a rate of 1 N min-1 normal to the skin surface to a maximum
force of 0.1 N for the SC samples. For ED and FT skin samples, loading and unloading was
performed at 0.5 N min-1 to a maximum force of 0.05 N (maximum displacement less than 10%
of the total thickness of the skin sample [132]. The load-displacement data were recorded at 10 Hz
during the test to generate load-displacement profiles (as shown in Figure 17B). According to
Doerner et al. (1986), the initial one-third of the unloading data can be used to determine stiffness
(S) of the material during a flat-punch indentation [133]. In this study, for each load-displacement
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plot obtained, the initial linear portion of unloading plot was used to determine the S, which was
related to a reduced Young’s modulus
1

√𝜋

𝑆

𝐸𝑟 = (𝛽) ( 2 ) (√𝐴 )

(3)

𝑝

where ß was a tip geometrical constant (ß =1 for flat-ended cylindrical punch, as present in the
micro-expansion probe) and Ap was the projected area at maximum depth of indentation. In this
analysis, a flat-ended cylindrical punch was used as the indenter tip. Thus,

𝐴𝑝 = 𝜋 (

890 μm
2

2

) = 6.22x10−7 m2

(4)

corresponds to the surface area of the tip of the probe. The estimated Er is related to the Young’s
modulus of the sample Es through
1
𝐸𝑟

=

(1−𝑣𝑖2 )
𝐸𝑖

+

(1−𝑣𝑠2 )
𝐸𝑠

,

(5)

where Ei and vi were the Young’s modulus and Poisson’s ratio of the indenter tip (Ei = 71 GPa and
vi = 0.17 for the quartz micro-expansion probe tip), and vs was the Poisson’s ratio of the sample
(vs = 0.49 for skin). Therefore, Young’s modulus of skin, which is a material property, was
calculated from stiffness, which is a structural response of the material to deformation. Each
microindentation test was performed eight times per subject per RH condition.
2.2.3. Microneedle Insertions
Single hollow nickel MNs, fabricated according to Mansoor et al. (2013) [16], were insertiontested under quasi-static conditions at 22 oC in FT skin samples using the Q400 TMA instrument
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at 35% RH and 100% RH. Though skin is a viscoelastic material, quasi-static MN insertion
conditions (MN impact velocity ~ 0 m s-1) at 22 oC were selected over dynamic conditions (MN
impact velocity > 0 m s-1) and human physiological temperature, due to the ease of control of the
test conditions and similarity of quasi-static insertion to practical manual MN insertions. A single
hollow MN (30 μm tip diameter, 450 μm height) was mounted onto the TMA micro-expansion
probe (cylindrical tip with a diameter of 2.54 mm) and applied perpendicular to the skin surface at
10 N min-1 to a maximum force of 2 N. Force exerted on the skin by the MN as a function of its
displacement into skin were recorded during the test at 10 Hz to generate force-displacement
profiles (Figure 18A). As shown by Davis et al. (2004), the location where the insertion force
decreases briefly for increasing MN displacement indicates the point where the MN ruptures the
SC [84]. It is at this point that force of insertion (Fins) and displacement at insertion (Dins) are
determined. Further, the stiffness, S of the skin was determined from the slope of the linear elastic
region of the force-displacement plot. Each MN insertion test was performed four times per subject
per RH condition. Due to the complexity in the mechanical properties of skin layers, and the
primary interest in the rupture of the SC layer, the influence of subcutaneous tissue and underlying
muscle on the MN insertion process was not assessed.
2.3. Results and Discussion
Microindentation and MN insertion profiling were used to assess and compare the mechanical
properties of skin (Figure 17A). Skin samples were distinguished by source (human vs. pig), state
(freshly excised vs. frozen and thawed), and the RH condition used during testing and analysis.
Microindentation and MN insertion provided completely different mechanical characteristics of
the skin, and provided greater insight into the anisotropic and heterogeneous nature of skin. During
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microindentation, the skin layers (individually or composite) are compressed by the microindenter;
and the compressive strength (out-of-plane) of the skin layer dominantly impacts the resulting
Young’s modulus measurement. In contrast, during MN insertion, tensile strength (in-plane) of the
skin layers impart a dominant effect on the resulting mechanical properties, as described later.
The Young’s moduli of the SC (ESC), of the viable epidermis/dermis (EED), and of the fullthickness skin (EFT) are shown in Figure 17 for skin specimens from all human and porcine subjects
in this study. Due to inherent and significant subject-to-subject variability among human and
porcine subjects, analysis of variance with a three-factor factorial experiment in complete
randomized arrangement of treatments (ANOVA; Table 12 provided on page 160) and Fischer’s
Protected Least Significant Difference analysis (LSD; Table 3) were conducted by pooling data
from all four subjects per skin source (i.e., human vs. pigs) into individual data sets.

48

Figure 17. Microindentation of skin layers. A cylindrical microindentation tip (A-1; 0.89 mm
diameter) loaded and unloaded a force into/from the skin surface. A hollow microneedle (A-2;
30 µm tip diameter) was inserted into skin at 10 N min-1 to a load of 2 N. The initial slope of the
microindenter unloading (B), for example, of fresh human stratum corneum at 100% RH, was
used to estimate the stiffness of the skin layer to determine the Young’s modulus. The out-ofplane Young’s moduli of stratum corneum (C), epidermal/dermal composite (D), and fullthickness skin (E) were determined for human and porcine skin before and after freezing at -80
C for 48 hours (four human, four porcine subjects tested at 35% and 100% RH; n=8 per subject
per condition). Hysteresis of the human stratum corneum can be seen in figure B.
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Table 3. Effect of skin source, state, and relative humidity on the Young’s modulus of the
stratum corneum, epidermis/dermis composite, and full-thickness skin determined by
microindentation analysis of fresh and frozen human and porcine skin layers. The least
significant difference (LSD, P = 0.005) value is provided for the treatments that significantly
influenced the Young’s modulus of skin at a 95% confidence interval (indicated by
superscripted a and b next to the mean value). The LSD is not provided if the F-value of
treatment is not significant (NS).
Treatments
Stratum Corneum
Epidermis/Dermis
Full-Thickness
Skin
(MPa)
(MPa)
(MPa)
Mean
Source

SD
a

Human

117.12

Porcine

b

81.28

LSD
State

41.74

SD

Mean

SD

a

0.74

1.88

1.23

b

2.18

1.74

1.28

1.61

31.63

2.06

8.16

0.39

NS

Fresh

93.36a

44.92

1.55a

1.23

1.71

1.22

Frozen

105.05b

36.28

2.12b

1.93

1.91

1.29

LSD
Relative
Humidity

Mean

8.16

0.39

NS

35%

98.69

45.42

1.77

1.27

1.87

1.19

100%

99.71

36.6

1.9

1.94

1.75

1.33

LSD
CV (%)

NS

NS

NS

33.43

87.10

63.83

2.3.1. Young’s Modulus of the Stratum Cornea
The mean ESC, extracted from microindentation profiles (Figure 17B), ranged between 108139 MPa for human skin and 56-111 MPa for porcine skin, which is comparable to other
mechanical studies of skin where the ESC ranged from 5-1,000 MPa [72, 74]. In general, the ESC
was found to be significantly higher in human skin compared to porcine skin in our study (Figure
17C, Table 3). The ESC of fresh human skin decreased from 139 MPa (35% RH) to 111 MPa (100%
RH), but the ESC of fresh porcine skin increased from 56 MPa (35% RH) to 67 MPa (100% RH).
This opposite effect of decrease/increase in ESC of human and porcine skin for increasing RH
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indicated potential structural, compositional, and/or functional differences between human and
porcine skin that influence moisture retention of the skin (especially at low RH) and its
consequential mechanical properties (see Table 12 in page 160; P = 0.007. (2015). According to
Silva et al. (2007), moisture is predominantly retained by the corneocytes of the SC at low RH,
yielding a higher ESC; whereas, both corneocytes and SC lipids swell substantially at high RH
yielding a lower ESC due to softening of the SC. This behavior was observed in human SC, but not
in porcine SC (Table 3) [97].
Freezing affected human and porcine SC in different ways, highlighting potential structural and
compositional differences between the two skin sources. A strong statistical significance was
identified between skin source and state (Table 12 in page 160; P < 0.0001), as freezing decreased
the mean ESC for human skin from 124 MPa to 109 MPa; but increased the mean ESC for porcine
skin from 62 MPa to 101 MPa. After freezing, human and porcine skin yielded a similar mean ESC
at high RH (~111 MPa; Figure 17C), and that was also similar to the ESC of fresh human skin,
showing that porcine SC became a closer model to the human SC after freezing. The ESC of most
human skin samples decreased at 35% RH after freezing, but not at 100% RH. A possible
explanation for the decrease in the ESC of human skin due to freezing is structural damage caused
by ice crystal formation to the SC, leading to disruption of the cell membranes and weakening of
the intra-cellular bonds in the SC. The ESC of porcine skin increased at both RH conditions after
freezing, yielding a weak statistically significant relationship between the state of skin and RH
(P=0.0194). The RH conditions did not influence the ESC of human skin post-freezing, possibly
due to the impact of the freeze-thaw cycle on the nature of and components involved in moisture
handling by the SC. In contrast, the ESC of porcine skin increased with freezing under both RH
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conditions, which is likely due to differences in freeze-damage compared to human skin. A
possible impact of ice crystal formation may be the rupturing of porcine corneocyte cell
membranes during freezing, which hinders the water-retaining ability and reduces water-soluble
hygroscopic materials in cells. According to Park and Baddiel (1972), such a destruction of the
cell membrane resulting in loss of hygroscopic material can lead to the collapse of protein networks
in the SC, providing a more compact structure with a higher elastic modulus [131]. More
information on the statistically significant interactions between the different treatment methods
tested in our study can be found on page 160.
2.3.2. Young’s Modulus of Skin Composites
Microindentation of ED composites (SC layer removed) showed a significant difference in the EED
between the human and porcine skin (Table 3; P=0.024). The RH did not affect the EED
significantly when all human and porcine samples were considered (Table 3). However, increasing
RH did appear to decrease the EED of only human skin from 1.46 MPa at 35% RH to 1.06 MPa at
100% RH (P<0.0001). Freezing increased the EED of human skin at 35% RH (P<0.001) and at
100% RH (P<0.0001), and of porcine skin samples at 100% RH (P=0.02); but not at 35% RH
(P=0.95).
The EFT, which was similar in magnitude to previously published results [77, 80, 81], was not
significantly influenced by skin type, state, or RH. A strong statistical significance was observed
for the interaction between skin source and state on the EFT (P < 0.0001). The EFT of human skin
increased from 1.31 MPa to 2.46 MPa after freezing; but decreased in porcine skin from 2.11 MPa
to 1.37 MPa after freezing (Figure 17E). Although RH did not impact the EFT across all skin
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samples, a significant decrease in the EFT from 1.69 MPa (35% RH) to 0.93 MPa (100% RH) was
observed in fresh human skin (P < 0.0001), which followed a similar trend as fresh human SC
(Figure 17C). The EFT of human skin increased due to freezing, while the opposite was observed
for the EFT of porcine skin, indicating differences in the structural changes undergone in human
and porcine skin during freezing.
The EED (Figure 17D) for fresh human skin followed the same trend as ESC (Figure 17C) and EFT
(Figure 17E) as a function of RH, but the magnitude of change for EED was smaller. Thus, it is
likely that the SC was dominant in the out-of-plane mechanical property of the FT skin. Similarly,
in fresh porcine skin, the ESC appeared to have a more prominent influence (compared to EED) on
the EFT, as ESC and EFT followed a similar trend as a function of RH. The EED of frozen human skin
was lower than its EFT by ~21% at both RH conditions (Figure 17E), directly showing the impact
of the SC on the EFT. The comparable trends for ESC, EED, EFT of frozen human skin as a function
of RH showed that freezing affected the skin layers in the same manner, and resulted in samples
with out-of-plane mechanical properties that were unaffected by RH in their elastic range. In
contrast, the EED of frozen porcine skin was higher than its EFT by ~32% at 35% RH, and ~103%
at 100% RH. Unlike for fresh porcine skin, the impact of the SC on the mechanical behavior of
full-thickness frozen porcine skin remained unclear.
2.3.3. Microneedle Insertion Profiling
Quasi-static MN insertions into human and porcine skin provided key metrics to assess the inplane mechanical behavior of skin (Figure 18A), including 1) stiffness S during initial contact
between the skin and the MN; 2) force required to break the SC by a MN (Fins), which correlated
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with the ultimate tensile strength (UTS) of the SC [70]; and 3) Dins of a MN from the skin surface
until SC rupture (including the skin deflection during stress application). Quasi-static insertion of
hollow metallic MNs led to the formation of mode-II cracks in the skin, which was confirmed by
histopathological evaluation of the skin cross-section at the site of insertion (data not shown). A
characteristic compressed column of tissue under the crack formed by the MN indicated a modeII on the skin by blunt-tipped MNs.

Figure 18. Microneedle insertion profiling in skin layers. (A) Force versus displacement data
from a typical microneedle insertion profile was evaluated for stiffness (B), force of insertion
(C), and displacement at insertion (D) parameters for human and porcine skin before and after
freezing at -80 C for 48 hours (four human and four porcine subjects tested at 35% and 100%
RH; n=4 per subject per condition).
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The integral of force over displacement at insertion yielded the work performed by a MN on skin
to break the SC. The S, Fins, and Dins results obtained from MN insertions were plotted in Figure
18 for all skin specimens employed in this study. Due to significant subject-to-subject variability
among human and porcine subjects, a three-factor factorial ANOVA (Table 14 in page 160) and a
LSD analysis (Table 4) were conducted by pooling data from all four subjects per skin type into
individual data sets.
Table 4. Effect of skin type, state, and relative humidity on the stiffness (N m -1), force at
insertion (N), and displacement at insertion (µm) during microneedle insertion into fresh and
frozen human and porcine skins. The least significant difference (LSD, P=0.005) is provided for
the treatments that significantly impacted the stiffness, force, and displacement values at a
95% confidence interval (indicated by superscripted a and b next to the mean value). The LSD
is not provided if the F-value of treatment is not significant (NS).
Treatments
Stiffness
Force
Displacement
-1
(N m )
(N)
(µm)
Source

Mean

SD

Mean

SD

Mean

SD

Human

16.96a

0.52

0.107a

0.017

1343.40a

550.93

Porcine

12.33b

8.31

0.096b

0.023

912.40b

500.24

2.17

LSD

130.87

Fresh

17.55a

8.24

0.107a

0.025

793.40a

355.06

Frozen

11.74b

5.03

0.096b

0.015

1462.40b

542.88

State

LSD
Relative
Humidity

0.007

2.17

0.007

130.87

35%

15.65

8.46

0.107a

0.023

969.78a

498.25

100%

13.64

6.60

0.096b

0.019

1286.02b

590.82

LSD
CV (%)

NS

0.007

130.87

43.32

18.18

33.51

Major differences between microindentation and MN insertion lie in the scale of the indentation
devices and orientation of deformation yielding mechanical responses. Both MN and
microindentation tip impart a compressive stress onto the skin sample in a region similar to their
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contact area. As the skin is being compressed, an in-plane tensile stress develops in the skin around
the circumference of the indentation devices, in particular in the SC. Due to their very different
diameters of 30 µm for the MN and 890 µm for the microindentation probe, the surface area-tocircumference ratios of the microindentation probe is 30 times larger than that of the MN (Figure
17A). Hence, the mechanical response measured by the MN corresponds more to the tensile stress
in the SC around its circumference while the response measured by the microindentation probe is
mainly caused by skin compression achieved with its relatively larger contact surface. It is
suspected that during MN insertion, the impact of corneodesmosomes, a class of proteins
responsible for ensuring cell-to-cell adhesion in the skin, on the mechanical strength of skin were
more likely captured by the MN tip than during microindentation [134]. A MN tip likely deformed
the skin directly on or very close to tight junctions that are formed by corneodesmosomes between
corneocytes in the SC to contribute immensely to its mechanical and extreme-barrier properties
[135]. They undergo degradation due to proteolytic activity of enzymes and inhibitors, affecting
the localized mechanical properties of skin that impact MN insertions. Their degradation is
dependent on surrounding humidity and moisture content in skin, and can be facilitated by freezing
[136].
The mean S of human skin tested during MN insertions was significantly higher (16.96 N m-1)
than that of porcine skins (12.33 N m-1; Table 4; P<0.0001), which agreed with the ESC results
(Figure 17C). In fresh porcine skin, S decreased by 36% (from 24.4 N m-1 at 35% RH to 16.1 N
m-1 at 100% RH; P<0.01), due to swelling of corneocytes and SC lipids during hydration; such a
significant decrease was not observed in fresh human skin. The stiffness S of fresh human and
porcine skin was significantly different at lower RH (9.1 N m-1 difference; P=0.0044), but not at
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higher RH (1.7 N m-1 difference; P=0.45), showing that high RH facilitated similar localized
behavior in both fresh human and porcine skin. RH did not impact S in frozen skins. Freezing
decreased the S of human and porcine skins from 17.55 N m-1 (fresh) to 11.74 N m-1 (frozen),
clearly indicating freezing-induced disruption of the SC structure. In contrast, freezing increased
the ESC during microindentation (Table 3), which suggested that there are major differences
between in-plane and local mechanical responses versus out-of-plane and bulk mechanical
responses of the skin due to freeze-damage. The decrease in the localized stiffness of skin after
freezing is attributed to corneodesmosomal degradation, which compromised the integrity of
cellular junctions in the SC.
The mean Fins obtained in this study ranged between 0.104-0.111 N for human skin and 0.0830.118 N for porcine skin, and was similar in magnitude (0.1-3 N) to a number of previous studies
[84, 110, 112]. This Fins was significantly affected by all sample attributes explored in this study
– skin type, state, and RH (Table 14; P<0.0001). A significant interaction between the skin type
and state (P=0.02) showed that freezing decreased the Fins in porcine skin from 0.105 N (fresh) to
0.086 N (frozen), but did not affect the Fins in human skin. Fins decreased significantly as a function
of RH for all skin samples from 0.107 N (35% RH) to 0.096 N (100% RH); but, in individual skin
groups, decreases in Fins with increasing RH were not significant. The overall decrease in Fins for
fresh human and porcine skin followed similar trends as those measured for S (Figure 18C) and
was correlated with the UTS of fresh human and porcine skin [70]. The influence of RH on inplane mechanical properties of skin differed from out-of-plane properties. Since MN insertions
applied in-plane stress (tension) on the skin, and corneocytes in the viable epidermis and the SC
are naturally stacked on top of each other in an out-of-plane orientation (similar to a brick-mortar
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structure; Figure 17A), the layers appear to provide lower rigidity and more flexibility in-plane.
This arrangement of the corneocytes allowed them to slide on and pass each other during in-plane
deformation (during MN insertion), which is facilitated by hydration [73]. In human samples, the
Fins of frozen skin remained unaffected by RH compared to the fresh state, while the Fins decreased
slightly in frozen pig skin by ~21% (35% RH; P=0.003) and ~24% (100% RH; P=0.09). This could
be attributed to the slightly higher moisture retention in porcine skin (35-68% by volume [99])
compared to human skin (24-67% by volume [104]) especially at physiological, low-humidity
conditions and the effect of freezing on the degradation of corneodesmosomes in the SC [136].
The Dins of a MN was significantly affected by skin type, state and RH condition (P<0.0001 for all
treatments; Figure 18D; Table 4). The Dins were significantly higher for human skin (1343 µm)
than porcine skin (912 µm). Freezing of skin yielded a higher Dins (1462 µm) across all skin
samples compared to the fresh state (793 µm), resulting in softening of the skin (lower S, Fins, and
Dins compared to fresh skin). Similarly, the Dins increased as a function of RH for all skin types,
due to the swelling of cells in the skin structure, leading to softening of the skin. The relationship
between the S, Fins, and Dins was mostly that the skin sample with the highest S required the highest
Fins, and the lowest Dins. As the skin sample with the highest S and Fins, fresh porcine skin yielded
the lowest Dins range (0.49-0.72 mm). Similarly, the order of Dins from low to high followed fresh
human skin (0.86-1.11 mm), frozen porcine skin (1.09-1.35 mm), and finally frozen human skin
(1.53-1.97 mm).
The work or energy (Eins) required to break the SC of the skin (estimated as one half of the product
of Fins and Dins) showed that Eins increased due to freezing in human and porcine skin. In fresh
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human skin, the mean Eins were 0.05 mJ (35% RH) and 0.06 mJ (100% RH); while freezing
increased the Eins to 0.09 mJ (35% RH) and 0.10 mJ (100% RH). Similarly, in fresh porcine skin,
the Eins were 0.03 mJ (35% RH) and 0.04 mJ (100% RH); while freezing increased the Eins to 0.05
mJ (35% RH) and 0.06 mJ (100% RH). In all skin samples, the Eins decreased with increasing RH,
indicating an overall softening of the skin due to hydration facilitating the MN insertion process.
In all conditions, human skin yielded higher Eins compared to porcine skin, demonstrating
differences in the mechanical properties between the two species.
A limitation of this MN insertion study was the lack of utility of the subcutaneous and subsequent
soft tissue layers beneath the skin that may impact MN insertion. It is suspected that a softer tissue
underneath the skin will impact the force-displacement profile during MN insertion, likely by
reducing the Fins and increasing Dins. This needs to be experimentally tested in the future. Skin
mechanical properties were characterized under quasi-static conditions at 22 oC; therefore, it is
expected that under dynamic conditions and human physiological temperature (37 oC) , mechanical
responses by the skin to deformation may be different.
2.4. Conclusions
This study aimed for the first time to show a direct comparison of the mechanical properties of
human and porcine skin before and after freezing, demonstrating the impact of freezing on
mechanical changes that occur in skin, such as decreasing the stiffness and increasing the total
energy required to break the SC. The methods used (microindentation and MN insertion profiling)
helped to identify and to compare both bulk and localized mechanical properties of skin layers,
while also providing insight into how human and porcine skin behave at different moisture levels,
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which is one of the key external stimuli influencing skin mechanics. The use of low and high RH
conditions to assess the mechanical characteristics of each skin sample provided information on
potential avenues to manipulate skin mechanical properties to match that of fresh human skin. The
findings suggested that for MN research, in the absence of fresh human skin, using fresh porcine
skin at high humidity conditions might present a more suitable skin model (with more comparable
mechanical properties to fresh human skin) than frozen human skin. This study provides a
reference for mechanical studies involving skin that are challenged by difficulties obtaining fresh
human skin, and aids in selecting the appropriate specimens for various mechanical tests.
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3. DEVELOPMENT OF AN ARTIFICIAL MECHANICAL SKIN MODEL
FOR MICRONEEDLE INSERTION ASSESSMENT
It is extremely challenging to obtain tissue with repeatable mechanical properties for mechanoanalysis. AMSMs, especially non-biological polymeric models that can mimic the mechanical
characteristics of human skin, are beneficial to address the challenges and drawbacks associated
with studies with biological skins, including the limited availability of fresh human skin, the need
for skin stretching to its in vivo configuration, and concerns regarding the safety of handling. The
purpose of this chapter is to develop an AMSM using polymeric materials, which can be used in
place of human skin.2 The AMSM is validated by comparing its mechanical characteristics to fresh
human skin and porcine skin (the closest biological substitute for human skin), and by comparing
the interaction between MNs and the skin model. The main goals for the AMSM in this study are:
i) a high repeatability of mechanical characteristics, ii) the ease of access to materials and
fabrication, and iii) high resistance of the AMSM to the insertion of MNs when compared to the
highest forces required for human and porcine skins, such that it represents tougher skin samples.
The AMSM presented in this chapter will allow the development of repeatable and optimized MN
insertion methods into skin at controlled depths, speeds, and forces as they relate to MN design
and insertion parameters. Furthermore, the availability of a validated AMSM will provide a

2

A version of chapter 3 has been published:

Ranamukhaarachchi S.A., Schneider T., Lehnert S., Sprenger L., Campbell J.R., Mansoor I., Lai J.C., Rai K., Dutz
J., Häfeli U.O., Stoeber B. Development and Validation of an Artificial Mechanical Skin Model for the Study of
Interactions between Skin and Microneedles. Macromolecular Materials and Engineering. 2016 Mar 1;301(3):306-14.
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standardized substrate to compare the performance of different MNs and other skin puncturing
devices made using different technologies.
3.1. Experimental Section
3.1.1. Biological Skin Preparation
Biological skin samples were prepared as described in Section 2.2.1.
3.1.2. Artificial Skin Preparation
Two PDMS kits were used to prepare the AMSM: the two-component Sylgard 184 kit (Dow
Corning, MI, USA) for the SC, and the three-component TC-5005 A/B/C (BJB Enterprises Inc.;
Tustin, CA, USA) for the ED layers. Sylgard 184 PDMS base: cross-linker weight ratios of 5:1,
10:1 and 20:1 were used during film preparations for the SC. Each PDMS composition was spin
coated on glass substrates at 250-3,000 rpm, and incubated at 65oC for 3 h for curing. A TC-5005
A/B/C base: cross-linker weight ratio of 10:1 was used to prepare the films, with the third part
(part C) being added up to 50% w/w to partially inhibit the curing process of the films, which
increases the compliance of the film. PDMS mixtures were poured onto previously surfacesilanized glass substrates to achieve 200 µm thick films, and cured at room temperature for 24
hours.
3.1.3. Micro-indentation of Skin Samples
Micro-indentation tests were performed as described in section 2.2.2. Each micro-indentation
experiment on a skin sample from one subject was repeated nine times at different indentation
locations (n=9).
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3.1.4. Tensile Testing of the Stratum Corneum
The SC layer of human and porcine skins was subjected to tensile testing to determine their inplane Young’s modulus (ET) and the UTS. Tensile testing was performed according to the ASTM
D412 protocol at 35% RH and 100% RH, and at 22 oC using a Q400 TMA instrument with a
film/fiber probe. Each tensile experiment was repeated five times per skin sample (n=5). Quasistatic tensile conditions at 22 oC were selected over dynamic conditions and human physiological
temperature, due to the ease of control of the test conditions.
3.1.5. Microneedle Insertions Profiling
Single MN insertions onto FT skin samples were performed as described in Section 2.3.3. Each
MN insertion experiment was repeated five times (n=5).
3.2. Results and Discussion
3.2.1. Stratum Cornea of Biological Skins
The SC is the most important layer of the skin for applications using MNs. Thus, identifying an
artificial material similar in its mechanical properties to the SC layer and with subsequent layers
acting as support material is therefore a priority in this work. The Young’s modulus provides an
indication of a material’s stiffness (resistance to deformation under stress), and is one of the most
important mechanical properties of a material. Skin layers are heterogeneous materials and are
assessed under stress perpendicular (out-of-plane) and parallel (in-plane) to the surface to
determine their Young’s moduli.
The ESC of human skin (140 MPa ± 38 MPa at 35% RH and 112 MPa ± 51 MPa at 100% RH MPa)
was greater than porcine skin (57 MPa ± 23 MPa at 35% RH, and 67 MPa ± 19 MPa at 100% RH)
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at both RH conditions tested (Figure 19C). The ESC for both human and porcine skins reported
herein were comparable to those found in literature (Table 1) and in chapter 2. In human SC, an
increase in the RH led to a significant decrease in the mean ESC, but a significant change in the
mean ESC is not observed in porcine skin with increasing RH.
The in-plane Young’s modulus, ET, was measured as 7.3 MPa ± 6 MPa (100% RH) and 43.8 MPa
± 51 MPa (35% RH) for human SC, and 18.8 MPa ± 16 MPa (100% MPa) and 19.6 MPa ± 15
MPa (35% RH) for porcine SC (Figure 20B). The ET of human SC was influenced by the RH
conditions in a similar way as the ESC – as the RH decreases, the Young’s modulus increased as
well (see later discussion). This observation did not hold true for porcine SC, which appeared to
be unaffected by the RH. The ET for human SC reported herein were comparable to values reported
in the literature (Table 1) [72, 73].
The ultimate tensile strength, UTS, ranged between 0.3-5.1 MPa at 35% RH and 0.5-3.9 MPa at
100% RH for human SC; and between 0.5-6.4 MPa at 35% RH and 1.1-4.3 MPa at 100% RH for
porcine SC (mean UTS values shown in Figure 20C). The UTS of both human and porcine SC
appeared unaffected by RH conditions. The strain at break (Figure 20A) increased with RH for
both human and porcine SC.
The human skin samples displayed a wide range in ESC (34.1-223.4 MPa across 72 measurements
from four human subjects at 35-100% RH) and ET (1-179 MPa across 40 measurements from four
human subjects at 35-100% RH). The inter-subject variability in the data was large and
unavoidable due to innate variability in the human skin samples. Therefore, we pooled all data for
each skin source (i.e., human and pig) into individual data sets at a given RH condition. Although
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the range of ET of human SC is similar to the ESC, assessing the mean ET and ESC confirmed the
anisotropy of the human SC.
The RH affected the ESC and ET (high RH decreased the modulus) of human SC, which was in
good agreement with chapter 2 and previous work[73, 137, 138] The prominence of the decrease
in the modulus due to hydration is more visible in ET (Figure 20B) than ESC (Figure 19C) for
human SC, which suggested a softening of the skin with increasing humidity. It can be argued that
the effects of hydration on structural changes to the SC were more drastic in-plane when compared
to out-of-plane, including the disruption of the intercellular lipid structure and increasing the
mobility and sliding of corneocytes past each other [73, 139] Other reasons for softening of skin
due to humidity includes swelling of corneocytes, degradation of corneosome proteins, and
potentially fluidizing the lipids surrounding the cells.
Porcine SC samples yield relatively narrow ranged values for the ESC (13.2-113.9 MPa across 72
measurements from four pigs at 35-100% RH) and the ET (4.0-57.0 MPa across 20 measurements
from the same 4 pigs) compared to human SC. These narrower ranges were expected due to the
similarity among the different porcine skin samples tested, which were obtained from pigs of the
same age, grown under similar environments, and from the same location within the pig
(abdomen). The ESC of porcine and human skin was higher than the ET (confirming the anisotropy),
due to extremely compact stacking of terminally-differentiated corneocytes on top of each other.
Naturally-occurring out-of-plane orientation of corneocytes provided higher rigidity and lower
flexibility compared to the in-plane orientation of the corneocytes, where corneocytes can slide on
each other to facilitate elastic and inelastic deformations. The RH did not influence the ESC and
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the ET of porcine SC significantly, which agreed with Wu et al. (2006), who showed that a
combination of temperature and RH (rather than RH alone) affected the mechanical properties of
porcine SC in-plane. This also hinted at the differences between human and porcine SC in their
interactions with moisture and how moisture is absorbed onto the tissue, as described in chapter 2.

Figure 19. Microindentation of skin layers to determine their out-of-plane Young’s modulus for
artificial skin model development. Out-of-plane Young’s moduli of stratum corneum (A),
epidermis/dermis composites (B) and full-thickness skin composites (C) from fresh human
upper abdominal skin samples (n=36 across 4 human subjects), fresh porcine abdominal skin
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(n=36 across 4 pigs), and artificial mechanical skin model (n=9) at 35% and 100% RH conditions
(error bars represent standard deviations; level of significance and significant differences at α
= 0.05 between means of groups are identified with asterisks and brackets, respectively; P<0.05
*, P<0.01 **, P<0.001 ***).

Figure 20. Tensile testing of stratum cornea to determine their in-plane mechanical properties.
Orientation of tensile stress application, data collection, and analysis using a true stress-true
strain plot (A); mean in-plane Young’s moduli (B); and ultimate tensile strength (C) of stratum
corneum from fresh human upper abdominal skin samples (n=20 across 4 human subjects), and
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fresh porcine abdominal skin (n=20 across 4 pigs) at 35% and 100% RH conditions (error bars
represent standard deviations; level of significance and significant differences at α=0.05
between means of groups are identified with asterisks and brackets, respectively; P<0.05 *,
P<0.01 **, P<0.001 ***). See Supporting Information for more on the analysis.
3.2.2. Stratum Corneum of the Artificial Skin Model
PDMS was selected as artificial material to simulate the mechanics of the human SC due to its
availability, low cost, ease of fabrication, hydrophobicity, transparency, and the ability to change
the mechanical properties over a wide range of Young’s moduli by varying the material
composition. Other material candidates considered for the artificial SC included polyurethane
[115] and Parafilm M®[116] Using the two-component Sylgard 184 PDMS kit, a 18 µm film was
prepared at a 10:1 ratio (base: cross-linker) to represent the human SC due to mechanical similarity
and for repeatability during processing and curing.
The mean ESC of PDMS at the 10:1 composition ranged from 85 MPa ± 25 MPa at 35% RH to 110
MPa ± 11 MPa at 100% RH (Figure 19C) and was similar in the range to human SC. The mean ET
of the 10:1 PDMS mixture ranged between 0.45 MPa (1 mm thickness) to 1.34 MPa (18 µm),
which were in agreement with Liu et al. (2009) [140]. The anisotropy of PDMS films at ~20 µm
thickness was similar to biological SC and it was imparted by spin-coating. Spin coating of PDMS
subjected its polymer chains to shear forces, which led to the reordering of chain alignment to
straightened chains, providing stronger cross-linked networks and higher modulus responses
[140].
The UTS of the 10:1 PDMS composition ranges from 4.2-5.6 MPa (18 µm), which was similar to
human and porcine SC (Figure 20C). The UTS is an important parameter for simulating the SC as
it is the stress at which the SC fails. It is related to the point at which a MN exerts sufficient stress
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on the SC to form a crack to pierce through the skin layer, characterized by determining the MN
insertion force (see later discussion, in Figure 21C). To simulate tougher human skin with the
AMSM, a PDMS-based SC with UTS comparable to the highest value measured for human SC
was chosen, as reflected in Figure 21C, where AMSM required higher MN insertion forces than
those found with average human and porcine skins.
3.2.3. Multi-layered Skin Composites
The three-component TC-5005 A/B/C PDMS kit allowed simulation of the mechanical properties
of the viable epidermal and dermal layers of human skin (Table 1). As the viable epidermal and
dermal layers in skin could not be individually isolated without the utility of chemicals or enzymes,
their individual EOP were not experimentally determined in this study. Thus, literature values were
used to compose the simulant layers using the three-component PDMS kit. The Young’s modulus
of the viable epidermis had not been adequately quantified in literature, and the only estimation of
approximately 0.66 kPa was provided by Hendriks et al. (2006) using a finite element model [69].
Since the viable epidermis is significantly lower in stiffness compared to the SC and dermis, it was
considered to have a negligible effect on the overall skin mechanics [141]. The viable epidermis
was recreated using a 200 µm film made of 52 wt% part C of the PDMS kit, providing a Young’s
modulus of ~9 kPa (lowest possible stiffness achieved). The dermal layer was simulated using a
1 mm film of 47 wt% part C, providing a Young’s modulus of ~60 kPa, similar to the human
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dermis [69, 75]. Other materials considered for the ED composite includes agarose- and gelatinbased hydrogels.
Human ED composite samples resulted in EE between 1.1 MPa ± 0.2 MPa (100% RH) and 1.5
MPa ± 0.2 MPa (35% RH), while porcine ED samples resulted in EED between 1.9 MPa ± 1.5 MPa
(100% RH) and 2.6 MPa ± 2.7 MPa (35% RH), as shown in Figure 19D. Increasing the RH
decreased the EED of both human and porcine ED samples. In comparison, the ED composite of
the AMSM (without the SC layer) yielded a mean EOP between 206 kPa ± 1.1 kPa (100% RH) and
227 kPa ± 1.8 kPa (35% RH), which were significantly lower than both human and porcine ED.
EFT of human full-thickness skin composite were 1.9 MPa ± 1.0 MPa (35% RH) and 1.0 MPa ±
0.7 MPa (100% RH), while porcine ED samples resulted in EFT between 2.2 MPa ± 1.7 MPa (35%
RH) and 2.5 MPa ± 1.7 MPa (100% RH), which were comparable to chapter 2. The FT composite
of the AMSM yielded EFT between 161 kPa ± 50 kPa (35% RH) and 97 kPa ± 37 kPa (100% RH),
which were significantly lower than both human and porcine FT (Figure 19E), but were
comparable to values presented in Table 1 [77-79]. The presence of SC in the FT skin composite
did not influence the EFT of human and porcine skins in the tested samples, even though the effect
of the SC on FT mechanics was observed previously in chapter 2.
The ability to separate the viable epidermis and the dermis into two separate layers from biological
skin samples without the use of chemical means would have allowed adjustments of the AMSM’s
ED composite to reflect biological skins more accurately. Given that the application of MN
insertions was mainly focused on the mechanics of the SC layer (not the ED or FT skins), it was
important to verify that the AMSM performs similar to biological skins in MN insertion profiling.
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3.2.4. Microneedle Insertion Profiling
The AMSM yielded higher mean Fins compared to human and porcine skins, which were similar
under the tested RH conditions (Figure 21Ci). However, observing individual Fins data points
suggested that the forces required to pierce the SC of the AMSM (132-188 mN force range) by a
single MN were at the higher end of the force range for human skin (60-176 mN) and in the midrange for porcine skin (68-333 mN), which successfully represented a tougher human skin sample.
This is a key advantage of the AMSM as a simulant for tough human skin, because the ability of
a MN to penetrate through the SC of the AMSM would ensure that the MN will pierce the SC of
biological skins successfully, which is vital to MN performance. The Fins values reported herein
were similar to the ones reported in chapter 2. The Fins followed a similar trend to the UTS of their
corresponding SC. This similarity confirms the correlation between the mechanical characteristic
of the SC (UTS) and how it is reflected during the transdermal MN application (MN insertion
force).
The Dins (considering the deflection of skin due to stress application by the MN and the distance
travelled by the MN into the skin) in human skin and AMSM ranged between 0.46-1.85 mm and
0.38-1.74 mm, respectively (mean Dins provided Figure 21Cii); and were similar to the Dins
presented in chapter 2. These ranges overlapped each other, demonstrating the overall similarity
of the AMSM to human skin. The Dins was influenced by the RH conditions for porcine skin and
for the AMSM, but not for human skin. As the skin absorbed moisture at high RH, it was expected
that skin softening would lead to its increased flexibility and, thus, the skin would deform more
prior to fracture (Figure 21A). A decrease in RH was expected to stiffen the skin, causing the point
of MN insertion to shift horizontally to the left from the point indicated in Figure 21B, with or
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without affecting the force of insertion, because the UTS of human and porcine SC was not
affected by the RH. For porcine and artificial skins, this assumption held true, as increasing the
RH (hydration) led to higher Dins, even though RH did not affect the Fins. Such a result was not
observed for human skin, even though ET and ESC of human skin decreased due to hydration. The
mean Dins were significantly different between AMSM and human skin at 35% RH, but not
between AMSM and porcine skin. Porcine skin and human skin were different at 35% RH, but not
at 100% RH.
The S response during the initial contact of the MN with skin showed that there was no significant
difference between AMSM (11-15 N m-1 range) and human skin (14-15 N m-1 range), and between
AMSM and porcine skin (16-24 N m-1 range; mean S shown in Figure 21Ciii). The only significant
difference in stiffness was seen between human and porcine skins at 35% RH, which further
suggested differences in mechanical responses perpendicular to the surface between the two skin
types. The difference between the S and out-of-plane Young’s modulus using the microindentation
approach was simply the indenter dimensions, as described in section 2.3.3.
Since biological and artificial skin mechanical properties were characterized under quasi-static
conditions at 22 oC; it is expected that mechanical responses by the skin to deformation may be
different under dynamic conditions and human physiological temperature (37 oC).
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Figure 21. Microneedle insertion profiling on human, porcine, and artificial skins to compare
mechanical characteristics. The skin structure and the experimental setup for microneedle
insertions (A); microneedle insertion profiling and analysis where force-displacement data
were collected, and microneedle insertion points were identified (B); and mean force at
insertion, displacement at insertion, and stiffness during impact (C) of a single hollow metallic
MN onto full-thickness skin from human upper abdomen (n=20 across 4 human subjects),
porcine abdomen (n=20 across 4 pigs), and artificial mechanical skin model (n=5) at 35% and
100% RH conditions (error bars represent standard deviations; level of significance and
significant differences at α = 0.05 between means of groups are identified with asterisks and
brackets, respectively; P<0.05 *, P<0.01 **, P<0.001 ***).
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3.3. Conclusions
The mechanical measurements reported herein (EOP and ET, UTS, MN insertion force,
displacement, and stiffness) validate the AMSM as a suitable mechanical model for fresh human
skin for material characterization and MN application. This is the first skin model reported that
has its mechanical properties carefully compared to fresh human and porcine skin samples, and
that has been validated by mechano-analysis and application-driven analysis to be similar to tough
human skin. Selected materials for modelling the skin layers and the actual biological skin layers
are characterized using multiple, yet identical mechanisms (instrument, technique, conditions, and
protocol) for validation. The polymeric materials produce lower mechanical variability and higher
mechanical repeatability compared to biological skins. The validated AMSM with respect to
human skin provides a much-needed substrate to replace the use of biological skins in transdermal
medical device design, development, and performance evaluation. The AMSM can now be used
as a standardized substrate to test and compare the insertion profiles of other available MN devices,
which will provide great insight into the development and performance of transdermal drug
delivery devices.
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4. KEY

FACTORS

INFLUENCING

DYNAMIC

MICRONEEDLE

INSERTIONS
A number of studies have been conducted to date to study MN insertions [55, 84, 115], but have
not assessed several key parameters that affect successful and repeatable MN injections, including
energy and velocity required to insert the MNs. The main objectives of this chapter are to assess
the dynamics of MN insertion, and to determine the key factors that contribute to successful
penetration of MN into the ASMS from chapter 3. 3 The force and energy required to break the SC
are evaluated using a spring-loaded MN applicator at large input energies and velocities of impact.
In addition, the influence of MN geometry (i.e., tip diameter) and number of projections in an array
on the insertion process into skin are assessed. The findings from this study will provide guidelines
for successful MN insertion into human skin.
4.1. Materials and Methods
4.1.1. Microneedles and Skin Model
Hollow metallic MNs were fabricated as described in section 1.2.1.2, using a metal
electrodeposition process to obtain single MN devices (1-MN) with heights of 700 ± 38 µm and
tip outer diameters (OD) of 60 ± 11 µm, 100 ± 14 µm, and 120 ± 15 µm [16]. Further, hollow MN
arrays consisting of 6 MNs (6-MN) of 700 ± 38 µm height and 100 ± 14 µm OD arranged in a
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A version of chapter 4 has been prepared for publication:

Ranamukhaarachchi S.A., Jayatilake H., Häfeli U.O., Stoeber B. Determining the factors affecting dynamic
insertion of microneedles into skin.
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hexagonal fashion and 19 MNs (19-MN) of 700 ± 38 µm height and 100 ± 14 µm OD arranged in
a concentric layout (central MN surrounded by two rings of 6 and 12 MNs) were fabricated. The
MNs were bonded to a plastic female Luer connector, which can be mounted to standard syringes
with male Luer connectors.
An artificial mechanical skin model, previously designed and validated against human and porcine
skin samples in chapter 3, was employed to assess MN insertions.
4.1.2. Microneedle Insertion Setups
Quasi-static MN insertions were performed using a Q400 thermomechanoanalyzer (TMA; TA
Instruments, DE, USA) as described in 2.2.3.
Dynamic MN insertions into the skin model was performed using a custom-built setup (Figure 22).
The spring-loaded MN insertion device included a Luer attachment for MN arrays (1-MN, 6-MN,
or 19-MN). A locking mechanism (Figure 22) with grooves allowed setting different spring
compression levels at the beginning of an experiment with compression levels ranging from 4 to
20 mm at 4 mm increments to set different levels of total energy for the insertion system. The
spring used in this study (spring #111; k=266 N m-1) was purchased from WB Jones Springs Co.
Inc. (KY, USA).
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Figure 22. Dynamic microneedle insertion setup. The setup includes a high-speed camera
connected to a stereo microscope for image acquisition; a spring-loaded device for MN
insertion; an artificial mechanical skin model on a force sensor that is connected to a data
acquisition board to acquire and save force data during MN insertion. The spring-loaded MN
insertion device consists of multiple levels of spring compression providing control for the
energy introduced to the MN insertion. The MN-Luer device is attached to the spring-loaded
insertion device.
4.1.3. Dynamic Microneedle Insertion Procedure
Prior to MN insertion, the insertion device was aligned with the surface of the skin model on the
force sensor (FS01 piezo-resistive force sensor, Honeywell, NJ, USA). This was done to ensure
that the resting position of the spring occurred where the MN was fully inserted into the skin, while
the MN base was barely in contact with the skin model. The spring was then compressed to a predefined level on the device between 4 mm to 20 mm (Figure 23A), and released to actuate the MN
onto the skin model to perform the insertion (Figure 23B). When releasing the spring, data capture
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from the force sensor was started at a frequency of 100 kHz using a LabVIEW virtual instrument
(National Instruments, TX, USA), along with image capture (208x200-pixel image size) at
10,000 fps using a Phantom Miro 310 high-speed camera and the Phantom Camera Control
software (Vision Research, NJ, USA). A light source, illuminating the MN device and the AMSM
from the back, provided a silhouette view of the MN insertion, as shown in the bottom left corner
of Figure 22, in the view finder of the high-speed camera. The force data capture was triggered by
the image acquisition, which provided synchronization of the data from the two sources.

Figure 23. Dynamic microneedle insertion steps. (A) The spring inside the insertion device is
compressed to a pre-defined level (x) to input energy into the system and locked in position by
a rotation mechanism. (B) The spring is released by rotation causing microneedle actuation on
to the artificial mechanical skin model.
4.1.4. Data Processing and Analysis
The force data recorded was used as-is during the analysis, while the captured images were further
processed using MATLAB (MathWorks, MA, USA), and used to determine the MN displacement
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as a function of time. Each image, captured originally in grayscale, was converted to a binary
image based on a threshold of 0.25, which was determined based on the sensitivity of image
artifacts to the binary threshold. All pixels in the grayscale image with brightness values greater
than the 0.25 threshold were replaced with 1 (white), while all other pixels were replaced with 0
(black). As the MN moved towards the skin frame-by-frame, the reduction in the total number of
white pixels allowed direct calculation of pixel displacement. The displacement in pixels were
converted to millimeters using a calibration measurement. Since force data was captured at a 10fold higher frequency than the image acquisition, the displacement data was interpolated to match
the force data using the piecewise cubic hermite interpolating polynomial (PCHIP) function on
MATLAB. Velocity was calculated from the difference in displacement as a function of time.
4.1.5. Microneedle Insertion Experiments
4.1.5.1. Effect of Velocity and Energy on Microneedle Insertion
Several MN insertion experiments were conducted per the factorial design (Table 5). The 120 µm
OD 1-MN device was predominantly used to identify the key factors affecting MN insertions.
Using the energy balance equation, the initial energy of the system (Eo) was calculated from the
spring constant k and spring compression (x) distance:

Eo =

1
2

𝑘𝑥 2

(6)

The expected velocity at impact (vimp) was calculated from the kinetic energy at impact (Ek,imp)
and moving mass (m):
1

Ek,imp = 2 𝑚vimp 2
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(7)

2Ek,imp

vimp = √

𝑚

(8)

Table 5. Design of experiment to assess the impact of MN tip outer diameter on the insertion
of a single microneedle with a 60, 100, and 120 µm tip OD (m=6 g).
Microneedle
Insertion
Spring
Energy of the
Expected
Trials
tip OD (µm)
system, Eo
velocity at
per
Compression, x
impact,
v
device
imp
(mJ)
(mm)
(m s-1)
(n)
60, 100, 120

Quasi-static

N/A

0

0

4

Dynamic
(k=266 N m-1)

12

19.2

2.5

4

20

53.2

4.2

4

4.1.5.2. Effect of Momentum on Microneedle Insertion
The impact of the momentum on the force and energy required for successful MN insertion was
assessed at constant total energy (Eo=1.2 mJ), using the design of experiment in Table 6.
Table 6 Design of experiment to assess the impact of momentum on the insertion of a single
microneedle with a 100 µm tip OD (k=266 N m-1; x=4 mm).
Energy of the
Moving mass, m
Expected
Expected momentum Trials
system, Eo
(g)
velocity at
at impact, pimp
per
-1
impact,
v
device
imp
(mJ)
(kg m s )
-1
(m s )
(n)
1.2

6

0.64

0.004

4

21

0.34

0.007

4

36

0.26

0.009

4

4.1.5.3. Effect of Microneedle Tip Outer Diameter on Insertion
The impact of MN tip OD on insertion dynamics was assessed using 1-MN devices with 3 different
tip ODs: 60 µm, 100 µm, and 120 µm. Each 1-MN device was inserted into the skin model using
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the quasi-static insertion test and spring 111 at 12 mm and 20 mm spring compression levels, per
Table 5.
4.1.5.4. Effect of the Microneedle Array Size on the Insertion
The effect of the number of MNs on the MN insertion dynamics was assessed using 1-MN, 6-MN
and 19-MN devices. Each device was inserted into the skin model using spring 111 at 12 mm and
20 mm spring compression levels, per Table 7. The single MN was also assessed using quasi-static
insertion tests.
Table 7. Design of experiment to assess the impact of array size on MN insertion with single (1MN), six (6-MN), and nineteen (19-MN) microneedle arrays consisting of projections with 100
µm tip OD (k=266 N m-1).
Microneedle
Spring
Energy of the Expected velocity Trials per device
array size
system, Eo
at impact, vimp
Compression, x
(n)
-1
(mJ)
(m s )
(mm)
1, 6, 19

12

19.2

2.5

4

20

53.2

4.2

4

4.2. Results and Discussion
4.2.1. Microneedle Insertion Profile
The force versus displacement curves were generated for each MN insertion until maximum force
and displacement values were reached. The maximum force (ranged between ~8-17 N) recorded
for each insertion resulted from the maximum displacement (~0.7 mm) of the MN into the skin,
which corresponded to the height of the MN. An example of a MN insertion force versus
displacement curve is provided in Figure 24. Since the force sensor was located directly under the
skin model sample, the first response from the force sensor only appeared at the initial point of
impact of the MN on the skin model. As observed previously [70] the force drops slightly as the
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needle breaks the SC. The data acquisition rate is not sufficiently high to measure this drop in force
due to the high velocity of the needle, and the force-displacement graph only shows a temporary
change in slope.

Figure 24. Microneedle insertion force versus displacement profile generated from an
experiment using spring #30 (k=152 N m-1, x=4 mm, Eo=1.2 mJ, and estimated vimp=0.6 m s-1)
collected from the high-speed camera (at 10 kfps) and the FS01 force sensor (at 100 kHz).
From each MN insertion experiment, the following main independent variable defined was Eo, tip
OD, and number of MNs in an array. The velocity at impact vimp, the velocity at insertion vins, the
momentum at impact pimp=m·vimp with the moving mass m, the momentum at insertion pins=m·vins,
the kinetic energy at impact Ek,imp and the kinetic energy at insertion Ek,ins were determined as
covariates or predictors. From each MN insertion, the main dependent variables were the force of
insertion Fins, the energy required for insertion Eins corresponding to the area under the forcedisplacement curve until the point of insertion, and the displacement at insertion Dins, as previously
shown in chapters 2 and 3.

82

4.2.2. Factors Affecting the Dynamic Insertion of a Single Microneedle
MN insertions were conducted using a single MN consisting of a 120 µm tip OD to determine if
the process of rupturing the SC was a dynamic process. The impact of Eo and vimp on Fins and Eins
was evaluated. A decrease in the Fins was observed as a function of vimp, pimp, and Ek,imp, which
were manipulated by changing the Eo of the spring-loaded applicator. The mean percent difference
between the estimated vimp and measured vimp across 84 measurements was calculated to be 1.1%
± 0.25%, according to:

% Difference in vimp = (

estimated vimp − measured vimp
estimated vimp

) x 100

(9)

The Fins decreased from 0.66 N to 0.12 N as vimp increased from 0 to 4.2 m s-1. The main variable
in pimp and Ek,imp was vimp, since the mass of the moving object was kept constant at 6 g in the
design of experiment in Table 5. Therefore, vimp of the MN on the skin model was identified as the
driving factor influencing the Fins (Figure 25A). This decrease in the Fins as vimp increased
confirmed the dynamic nature of the MN insertion, which agreed with the observations by Heverly
et al., who showed that Fins of hypodermic needles into tissue also decreased with increasing vimp
up to a critical value. Heaverly et al. further showed that above the critical vimp, the Fins became
independent of the vimp [142]. Similarly to Fins, the Eins also decreased from 0.04 mJ to 0.01 mJ as
vimp increased from 0 to 4.2 m s-1 (Figure 25B). The impact of Eo and vimp on Fins and Eins was also
confirmed in single MNs with 60 µm and 100 µm tip OD data not shown).
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Figure 25. Factors influencing the insertion of a single microneedle into skin. Force and energy
required to insert a single microneedle of outer tip diameters of 120 µm (n=12), into the
artificial skin model, as a function of the microneedle’s velocity at impact against the skin.
A possible reason for decreasing Fins and Eins as a function of vimp was the development of a critical
strain concentration in the SC of the skin model around the MN tip earlier to cause rupture during
dynamic insertion, compared to quasi-static insertion. During quasi-static insertion of a MN, the
stress was distributed across a larger region of the skin (up to a radius >1.5 mm from the MN tip),
and the displacement of the MN into the skin to reach the critical strain to cause SC failure was
significantly higher. However, since skin is a viscoelastic material whose mechanical responses
are strain-rate dependent, the findings presented in Figure 25 were contradictory to the theory of
viscoelasticity – at high vimp, a higher strain-rate of the skin would have yielded a larger Fins and
Eins. Therefore, along with reaching the UTS of the skin faster, it was observed that increasing vimp
would lead to changing the mode of fracture of the SC from mode-II fracture (typical for blunttipped structures and observed during quasi-static insertions) to mode-I fracture (typical for sharptipped structures). Since the fracture toughness of skin to mode-I fracture is significantly lower
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than mode-II fracture, a significant decrease in the Fins and Eins was observed during dynamic
insertions.
4.2.3. Influence of Momentum
The influence of pimp on MN insertion was assessed by using a constant Eo at 1.2 mJ, and increasing
m from 6 g to 36 g to reduce of vimp from 0.64 m s-1 to 0.26 m s-1, respectively. This resulted in a
pimp range from 0.004-0.009 kg m s-1. During this increase in pimp, Fins increased from 0.49 N to
0.74 N (P=0.006) and Eins increased from 0.07 mJ to 0.09 mJ (P=0.45), but no significant influence
of pimp on the MN insertion were observed (Figure 26). This suggested that MN insertions were
more influenced by changing Eo of the system than by changing the momentum of the moving
MN. Further investigations into the role of pimp at higher Eo will be helpful to confirm the
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differences in the effects between vimp and pimp on MN insertion.

Figure 26 Impact of momentum on the insertion of a single microneedle into skin. Force and
energy required to insert a single microneedle of 100 µm outer tip diameter into the artificial
skin model were determined (n=12) at a constant total energy of 1.2 mJ. The momentum was
altered by changing the moving mass m of the microneedle.
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4.2.4. Influence of Microneedle Geometry
The effect of MN tip area on the Fins and Eins was assessed using three MN tip areas: 2.83x10-9 m2
(60 µm tip OD), 7.85x10-9 m2 (100 µm tip OD), and 1.13x10-8 m2 (120 µm tip OD). Each MN tip
area was tested at three levels of total energy (Eo=0 mJ, 20 mJ, and 53 mJ; n=4 per test condition)
using a 3x3 factorial design. The mean Fins and Eins from the MN insertions are provided in Table
8, which shows a significant increase in the Fins and Eins as the MN tip area increased (P<0.001).
Table 16 provides the ANOVA results for this factorial design (see Appendix C in page 171). Due
to the increased area of the MN tip acting on the skin, a larger force needed to be applied to the
skin to rupture through the SC. Increasing the Eo, which also increased the vimp, decreased the Fins
and Eins significantly (P<0.001) for all tip areas (Figure 27A and B). For example, during quasistatic insertion (Eo=0 mJ), increasing the tip area from 2.89x10- 9 m2 to 1.13x10-8 m2 led to a
significant increase in Fins from 0.23 N to 0.88 N, respectively; however, dynamic insertions
(Eo=53 mJ) caused a relatively reduced effect on the Fins from 0.11 N to 0.37 N, respectively. Since
the energy required per unit area of the MN tip to cause a crack was determined by the slope of
the linear best fit in Figure 27B, it provided an indirect indication of the fracture toughness of skin;
the slope in Figure 27B decreased from 10.1 J m-2 to 2.8 J m-2 as Eo increased from 0-53 mJ. This
suggested that all MNs tested could rupture the SC at lower Fins and Eins as the energy introduced
to the system increased, thereby reducing the deformation of the skin prior to rupture. This finding
has a significant implication to the development of MN insertion protocols, since the introduction
of Eo to the MN system will allow drastic reduction in the effort required to penetrate the SC of
the skin for repeatable insertions for all MN tip areas.
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Table 8. Effect of energy of the system (Eo) and the microneedle tip area on the force and energy
required to insert a single microneedle into skin. The least significant difference (LSD, P=0.05)
is provided at a 95% confidence interval (significantly different means are indicated by
superscripted a, b, c, and d next to the mean value).
Force of insertion, Fins (N)
Microneedle tip area (m2)
Energy, Eo (mJ)

2.83x10-9

7.85x10-9

1.13x10-8

Mean

SD

Mean

SD

Mean

SD

0

0.230

0.089

0.655

0.064

0.878b

0.018

20

0.182

0.045

0.375

0.036

0.545

0.054

53

0.112a

0.025

0.117a

0.041

0.367

0.043

LSD (P=0.05)

0.730

MSE

0.003

Error df

27

n

4 each

CV%

13.07
Energy to insert, Eins (mJ)
Microneedle tip area (m2)

Energy, Eo (mJ)

2.83x10-9

7.85x10-9

1.13x10-8

Mean

SD

Mean

SD

Mean

SD

0

0.036a

0.016

0.043a

0.013

0.138c

0.032

20

0.018a

0.011

0.046a

0.032

0.077d

0.007

53

0.011ab

0.004

0.010 ab

0.007

0.038a

0.014

LSD (P=0.05)

0.026

MSE

0.000

Error df

18

n

4 each

CV%

38.57
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Figure 27. Impact of microneedle tip area on skin insertion. (A) Force and (E) energy required
to insert a single microneedle as a function of the microneedle tip area at three levels of total
energy delivered (Eo=0, 20, and 53 mJ).

4.2.5. Dynamic Insertion of Microneedle Arrays
The effect of the number of MN projections in an array, with projections separated by 1 mm
distance, on insertion dynamics (i.e., Fins and Eins) was assessed using three MN array
configurations: 1-MN, 6-MN, and 19-MN (Figure 28A). MN array insertions were assessed at
Eo=20 mJ and 53 mJ, using a 3x2 factorial design. Table 9 presents the mean Fins and Eins values
recorded during the MN insertion tests, while the ANOVA results can be found in Table 17 (see
Appendix C on page 171).
For each MN configuration, increasing Eo from 20 mJ to 53 mJ led to a significant reduction in
Fins and Eins (P<0.001), as discussed earlier for single MN insertions. As the number of MNs
increased from 1 to 19, the mean Fins increased linearly from 0.38 N to 11.29 N (Eo=20 mJ) and
0.12 N to 7.83 N (Eo=53 mJ). Similarly, the mean Eins increased linearly from 0.05 mJ to 2.32 mJ
(Eo=20 mJ) and 0.01 N to 6.69 mJ (Eo=53 mJ). This can be further visualized in Figure 28B and
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C, and suggested that MNs in arrays separated by 1 mm acted independently of each other and that
the radius of deformation surrounding each MN was less than 0.5 mm during dynamic conditions.
As a result, a significant interaction between the MN array size and the Eo was observed in Table
9 for Fins and Eins, demonstrating their synergistic effect on successful rupturing of the SC layer.
Table 9. Effect of energy of the system (Eo) and the number of microneedles in an array on the
force and energy required to insert a single microneedle into skin. The least significant
difference (LSD, P=0.05) is provided at a 95% confidence interval (significantly different means
are indicated by superscripted a, b, c, d, and e next to the mean value).
Force of insertion, Fins (N)
Number of microneedles
Energy, Eo
(mJ)

1
Mean

6

20

0.375

SD
0.037

53

0.118a

0.040

a

19

Mean

SD

Mean

5.703

b

0.789

11.293

SD
0.529

2.080c

0.293

7.833e

0.855

LSD (P=0.05)

0.796

MSE

0.287

Error df

18

n

4 each

d

Energy to insert, Eins (mJ)
Number of microneedles
Energy, Eo
(mJ)

1
Mean

6

20

0.046

SD
0.032

53

0.010a

0.007

a

19

Mean

SD

Mean

1.080

b

0.485

2.320

SD
0.189

0.215a

0.033

0.688d

0.167

LSD (P=0.05)

0.332

MSE

5.0 x10-5

Error df

18

n

4 each
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c

In contrast, skin deformation surrounding a MN during quasi-static insertion tests provided visual
confirmation that the radius of the deformed area increased up to 1.5 mm with MN displacement
(up to 700 µm). It is therefore probable that MNs separated by only 1 mm would be acting
independently during dynamic insertions, but not during quasi-static MN insertion. It is also
possible that the correlation between the Fins or Eins and the number of MNs will deviate from
linearity beyond a certain threshold number of projections per array during quasi-static insertions.
Therefore, developing MN insertion protocols using dynamic conditions appeared to be more
favorable in ensuring successful insertion of MN arrays, compared to quasi-static insertions.
Further investigation into the nature of MN interactions in an array during MN insertion will be
beneficial.

Figure 28. Impact of the number of microneedles in an array on skin insertion. (A) Microneedle
array sizes used in the study consisted of 1 (1-MN), 6 (6-MN), and 19 (19-MN) projections with
100 µm tip outer diameter. CB) Force and (C) energy required to insert microneedle arrays as a
function of the number of microneedle projections in an array, measured at two levels of total
energy delivered (20 and 53 mJ).
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4.3. Conclusions
Using an artificial skin model that was previously validated for mechanical similarity to human
skin, the dynamics of MN insertions have been characterized. Using extremely high rates of data
acquisition, this study provided insight on key factors that significantly influenced successful MN
insertions passed the skin’s SC layer, including Eo, vimp, MN tip area, and the number of
projections. By increasing Eo, the vimp of the MN device increased, which helped to significantly
decrease the force and energy required to insert the MN device into the skin. Reducing the tip area
of the MN led to the reduction in force and energy to insert the MNs. Increasing the number of
microneedles in an array led to a linear increase with the number of needles in force and energy to
insert the MNs during dynamic insertions. The understanding of these mechanical relationships
will facilitate the development MN devices and insertion protocols to increase the success of
intradermal drug delivery and biosensing approaches.
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5. PRECISE MEASUREMENT OF INTRADERMAL FLUID DELIVERY
Accurately quantifying the volume of fluid that can be delivered to the skin is a challenging task
due to skin’s thin and opaque nature, high resistance to flow, fluid backflow, and large spread of
the bolus liquid deposition in the dermis. Typically, ID devices are assessed during skin injections
for dose accuracy and fluid wastage using gravimetric analyses, which do not provide sufficient
resolution and accuracy to capture fluid delivered to the skin and fluid back-flowed due to the
skin’s high resistance to flow. The objectives of this chapter are to develop a high-resolution ID
fluid delivery characterization technique using a

99m

TcO4- radiotracer, and to determine the fluid

delivery potential into the skin with several ID delivery devices. 4 The proposed characterization
method is tested in ex vivo and in vivo models.
5.1. Materials and Methods
5.1.1. Materials
A number of methods and devices were assessed for their ID fluid delivery capacity: the Mantoux
technique using a 31-gauge needle (31G; BD Ultra-Fine™ short pen needle; 31-gauge, 8 mm;
product no. 320109, Becton, Dickinson and Company, Franklin Lakes, NJ, USA), a 26-gauge ID
bevel needle (26G; BD Precision-Glide™ needle; 26-gauge, 9.53 mm; product no. 305110;
Becton, Dickinson and Company, Franklin Lakes, NJ, USA); and a single hollow metallic MN
(ML1; 700 µm height, 100 µm tip diameter) and a 3×2 hollow metallic MN array (ML6; 700 µm
4

A version of chapter 5 has been prepared for publication:

Ranamukhaarachchi S.A., Esposito T.V., Raeiszadeh M., Stoeber B., Häfeli U.O. Precise measurement of
intradermal fluid delivery using a low activity technetium-99m pertechnetate tracer.
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height, 100 µm tip diameter, 1 mm distance between MNs in an array) devices mounted to a custom
female Luer adapter. The ML1 and ML6 devices were fabricated according to Mansoor et al. [16]
and inserted perpendicular to the skin using the spring-loaded applicator shown in Figure 22 and
Figure 23 in chapter 4 .
The radioisotope technetium-99m pertechnetate (99mTcO4-) with a half-life of 6 h was used to
evaluate the ID fluid delivery performance of aforementioned methods/devices. The 99mTcO4- was
obtained from the Vancouver General Hospital and diluted in 9 mg mL-1 sodium chloride (Hospira,
Lake Forest, IL, USA) to 740 kBq mL-1 using a CRC-55tR dose calibrator (Capintec, Florham
Park, NJ, USA). This diluted solution is hereforth referred to as the

99m

TcO4- solution. During in

vivo injections, a green tattoo ink (Millennium Colorworks Inc., New York, NY, USA) was
incorporated into the 99mTcO4- solution to aid in identification of the injection site. The devices to
be tested were attached via a Luer connector to a 1 mL BD syringe (product no. 309628, Becton,
Dickinson and Company, Franklin Lakes, NJ, USA) containing 0.2-0.4 mL of the

99m

TcO4-

solution and primed before injection.
5.1.2. Ex Vivo Skin Injections
Freshly excised skin from the abdomen of female miniature Yucatan pigs weighing 20-30 kg
(Sinclair Bio-resources, Columbia, MO, USA) was immediately frozen at -80oC for 48 h, and
thawed for 1 h before testing. Porcine skin samples were prepared as described in Section 2.2.1.
Injection of 0.1 mL 99mTcO4- solution was performed using the ID delivery devices in 4-6 porcine
skin samples per device to assess the fluid delivery efficiency (Figure 29A). As a control, 0.1 mL
of the

99m

TcO4- solution was applied topically to the skin using a 20-200 µL micropipette
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(PIPETTEMAN Classic™, product no. F123601; Gilson Inc., Middleton, WI, USA). Prior to
injection or topical fluid application, the weight of the needle-syringe injection device or the
pipette was measured on a B120S balance (Sartorius GmbH, Göttingen, Germany). The 31G and
26G needles (according to the Mantoux method [143]) and MN devices were inserted into the skin
by a person trained in these injections, followed by manual delivery of 0.1 mL 99mTcO4- solution
in under 10 s. The ML6 device was also assessed for delivery of a larger volume of
solution (0.3 mL

99m

TcO4-

99m

TcO4- solution under 30 s) to determine the performance differences as the

fluid delivery target increased.
Post-administration, the needle-syringe injection devices were removed from the skin and weighed
to determine the net mass released. The net mass was converted to net volume released using the
density of normal saline (ρsaline=1.005 mg µL-1). This gravimetric measurement was compared to
the total radioactivity released from the syringe for validation of the method. The skin surface was
wiped using a series of cotton swabs, as illustrated in Figure 29B, to collect and capture any
99m

TcO4- solution that back-flowed to the surface of the skin during or after the injection. Since

99m

TcO4- is water- and ethanol-soluble, the initial dry swab was followed by a swab dipped in

water, a swab dipped in 70 vol% ethanol, and a second dry swab to ensure that no radiotracer was
present on the surface of the skin. Another swab was used to collect the 99mTcO4- remaining on the
surface of the needle device. All swabs were transferred to plastic test tubes for measurement in
an automatic gamma counter (2470 WIZARD2, Perkin Elmer, Waltham, MA, USA) as shown in
Figure 29C. The skin sample was unmounted from its support structure and transferred to a plastic
test tube for measurement in the gamma counter, as well.
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5.1.3. In Vivo Skin Injections
ID injections were performed on Sprague Dawley rats (Charles River Laboratories, Sherbrooke,
QC, Canada) under general anesthesia, using the ML1 single MN device with a spring-loaded
applicator at the Center for Comparative Medicine at the University of British Columbia. Sprague
Dawley rats have a similar skin thickness to humans. The experiments were conducted under the
approved protocol A12-0172 by the University of British Columbia’s Animal Care Committee.
The skin on the dorsal surface of the rat was shaved and then treated with a depilatory cream (Nair;
Church & Dwight Co. Inc., Trenton, NJ, USA). The dorsal skin was stretched over a plastic vial
cap to provide a rigid support to facilitate the MN insertion. The ML1 device was connected to a
BD 1 mL syringe containing the

99m

TcO4- solution mixed with green tattoo ink, and 0.1 mL of

99m

TcO4- solution was injected manually in under 10 s at three separate sites on the rat. Similarly,

0.3 mL of 99mTcO4- solution was injected manually in under 30 s at three separate sites on the rat,
as well. Backflow on the surface of the skin and ML1 device were removed using swabs as
described for the ex vivo experiments. All fluid injection sites were outlined using a permanent
marker, photographed, and removed by deep excision to the fascia. The excised injection sites and
backflow swabs were placed in plastic test tubes and measured in the gamma counter as described
above.
5.1.4. Measurement and Data Analysis
All test tubes were placed in the gamma counter and measured for 30 seconds in triplicate. The
readout from the gamma counter in cpm was converted to SI units (kBq) using a calibration factor
(51,600 cpm per kBq). Radioactivity from the skin (ASkin) provided a precise measurement of all
fluid that successfully entered the skin, while radioactivity from the cotton swabs (ABackflow, test
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tubes 1-5 in Figure 29C) provided a measurement of all fluid that back-flowed out of the skin. The
summation of radioactivity measurements (ATotal) from all test tubes in Figure 29C captured all
fluid released from the syringe, which was also confirmed by gravimetric measurement to
determine the total volume released (VTotal, µL). Summation of the total radioactivity measured in
kBq provided direct and precise measurements of volume successfully delivered to the skin
(equation 9) and volume back-flowed (equation 10).
𝐴

𝑉𝑆𝑘𝑖𝑛 = (𝐴 𝑆𝑘𝑖𝑛 ) × 𝑉𝑇𝑜𝑡𝑎𝑙

(9)

𝑇𝑜𝑡𝑎𝑙

𝑉𝐵𝑎𝑐𝑘𝑓𝑙𝑜𝑤 = (

𝐴𝐵𝑎𝑐𝑘𝑓𝑙𝑜𝑤
𝐴𝑇𝑜𝑡𝑎𝑙

) × 𝑉𝑇𝑜𝑡𝑎𝑙

(10)

The volume delivered to the skin as a percentage of total volume released from the syringe
(equation 11) and the relative volume back-flowed (equation 12) were calculated of each ID
delivery device to compare the delivery efficiencies:
𝑉

% 𝑉𝑆𝑘𝑖𝑛 = (𝑉 𝑆𝑘𝑖𝑛 ) ×100
𝑇𝑜𝑡𝑎𝑙

𝑉𝐵𝑎𝑐𝑘𝑓𝑙𝑜𝑤

% 𝑉𝐵𝑎𝑐𝑘𝑓𝑙𝑜𝑤 = (

𝑉𝑇𝑜𝑡𝑎𝑙
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(11)

) ×100

(12)

Figure 29. Fluid delivery and measurement methodology. (A) A highly dilute 99mTcO4- solution
is administered using ID delivery devices. (B) Fluid backflow to the skin surface postadministration is captured by cotton swabs. (C) Gamma radiation present in skin and cotton
swabs is measured using a gamma counter.
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5.3. Results and Discussion
5.3.1. Device Performance Ex Vivo
The injection performance of the ID delivery devices and topical control for the ex vivo tests are
presented in Figure 30 and in more detail in Table 10. The ML6 MN device yielded the highest
fluid delivery efficiency with 92.9 ± 6.0% of the total fluid released from the syringe reservoir,
followed by the 31G needle at 88.6 ± 9.5%. The lowest delivery efficiency was reported by the
26G needle at 68.7 ± 1.7%, which was significantly different from the ML6 (P<0.001) and 31G
(P<0.002) devices at a 95% confidence interval. This lack of delivery efficiency by the 26G needle,
which is the conventionally used ID delivery device in clinical settings, may be attributed to the
larger fluid backflow path that is created during the insertion and retraction of the needle to and
from the skin, allowing fluid to flow back out of the skin more easily to relieve the pressure built
up inside the dermis; and the small number of repetitions performed in this study. The control,
where a 0.1 mL droplet of the 99mTcO4- solution was topically applied to the skin surface, showed
that only 1.1 ± 0.4% of fluid was left on or adhered to the skin surface. The ability to remove
98.9% of the fluid from the skin surface using the swabbing technique described in Figure 29B
showed that the remaining 99mTcO4- adhering to the skin surface was negligible compared to the
volume in the skin or volume removed by swabs.
It was suspected that delivery of fluid deeper into the reticular dermis with conventional
hypodermic needles due to their higher length may allow more accurate volume injections with
less fluid backflow, compared to shallower injections into the papillary dermis with MNs. This
was predominantly due to the ability of the reticular dermis to accommodate and expand with the
incoming fluid in its hydrogel-like, elastic structure better compared to the upper papillary dermis
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[144]. However, shallower intradermal injections using the ML6 device yielding more accurate
dermal injections with less fluid backflow refuted that hypothesis.

% Volume

100

98.9

92.9

88.6

86.1
68.7

80
60

31.3

40
11.4

20

7.1

13.9

1.1

Delivered

ML6 (0.3 mL)

ML6 (0.1 mL)

26G (0.1 mL)

31G (0.1 mL)

Control (0.1 mL)

0

Backflow

Figure 30. Comparison of ID fluid delivery methods ex vivo for successful fluid delivery and fluid
backflow resulting in wastage (n=5 for the control, 31G needle, and 26G needle for 0.1 mL
injections; n=6 for 0.1 mL injections using ML6; n=4 for 0.3 mL injections using ML6; error bars
represent standard deviation).
A higher target fluid delivery volume of 0.3 mL was tested in excised porcine skin with the ML6
device, resulting in a decrease in the delivery efficiency from 92.9% to 86.1% compared to delivery
of 0.1 mL, and an increase in the fluid backflow from 7.1% to 13.9%. The decrease in the fluid
delivery efficiency arose due to limitations in the fluid absorption by the dermal layer of the skin
and the skin’s capability to seal off the injection site against the high pressure built up underneath
the skin [106]. It was likely that the excised skin had undergone mechanical and structural changes,
since it was previously frozen [70, 145], which may have affected the fluid delivery efficiency as
larger delivery volumes were injected. Injections in vivo into live skin may improve the delivery
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efficiency due to increased elasticity of skin layers, as described in chapter 2. Nonetheless, the
volume delivery efficiency with the ML6 device suggested that ex vivo porcine skin was able to
accommodate 0.3 mL volumes of fluid with dosing accuracies that comply with ISO 11608-1:2000
standard that requires at least 80% fluid delivery efficiency [126].
5.3.2. Device Performance In Vivo
The in vivo injection performance of the ML1 device was assessed in a Sprague Dawley rat with
the 99mTcO4- solution to determine the fluid delivery efficiency (Figure 31) with 0.1 mL and 0.3 mL
injection volumes. The green tattoo ink mixed into the 99mTcO4- solution clearly helped to visualize
the injection site and the bleb formation. Quantification of the amount of radioactivity in the
injection sites post-excision showed a 92.5% fluid delivery efficiency and a 7.5% backflow for
0.1 mL volume. An improvement between ex vivo injections in porcine skin and in vivo injections
in rat skin was not seen for 0.1 mL injections. However, injections of 0.3 mL in vivo yielded an
improved delivery efficiency of 94.4% and backflow of 5.6%, compared to ex vivo porcine skin
injections. This improvement was possibly attributed in part to the mechanical properties of in vivo
rat skin that allowed the skin to expand during fluid delivery more easily, possibly due to higher
elasticity. The other reason for the improved fluid delivery efficiency was likely the use of a single
hollow MN projection in vivo, compared to six projections ex vivo. When six projections were
used ex vivo, six micro-pores were created on the skin, which likely provided more paths for fluid
backflow to the surface. Whereas, fluid could only backflow through one micro-pore during
injection using a single MN, thereby potentially maximizing the fluid delivery efficiency. The
effect of MN array size on the fluid delivery efficiency and backflow will need to be characterized
in future studies.
100

5.3.3. Comparison of Methodologies
The performance of this 99mTcO4- injection methodology was significantly superior compared to
the conventional gravimetric measurements in many aspects. The sensitivity of the measurement
was determined to be 39,441 cpm kBq-1 from the slope of the

99m

gamma counter. The background within the energy window for

TcO4- calibration curve in the

99m

Tc (140 ± 28 keV) on the

gamma counter that was used for measurements was 0.9 ± 0.2 Bq (35.9 ± 8.3 cpm), and detection
resolution, calculated as ten times the standard deviation of the background, was 2 Bq (83 cpm).
During this study, radioactivity per volume of fluid injected ranged between 0.33-1.30 kBq µL-1;
and thus, the volume detection resolution was determined to be between 1.61-6.41 nL, where the
higher radioactivity per volume corresponded to the smaller resolution value. Therefore, the use
of the proposed volume determination method allowed quantifying the fluid volumes at a
significantly higher resolution than the gravimetric method, since the resolution of the gravimetric
method is 0.1 µL.
During gravimetric measurements, the weight of the syringe and connected device is measured
during each step of the process, as described previously. Many challenges of the gravimetric
method, including lower measurement sensitivity, potential errors caused by fluid evaporation
prior to measurement, and the inability to accurately capture fluid backflow have been addressed
by the proposed method of evaluating fluid delivery using

99m

TcO4- solution. Accurate

quantification of fluid backflow has not been addressed to date, due to the difficulty of collecting
only the fluid back-flowed, and not any other liquids present on the skin surface, such as sweat,
oil and interstitial fluid [125]. With the

99m

TcO4- method, the presence of interfering substances

did not affect the fluid backflow measurements by the gamma counter.
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The total volume released from the syringe during each injection was evaluated by radioactivity
(summation of all collected radioactivity using the swabbing technique) and gravimetric
measurement of the syringe before and after injection. The two methods were comparable and
consistent in evaluating the total volume released from the syringe, with less than ± 1% difference
between the two methods (Table 10).
The proposed methodology of injecting extremely low activities of 99mTcO4- solution into the skin
could be potentially used in clinical settings for dose accuracy determinations of ID and other
delivery devices without posing a significant safety risk to the patients. The radiation dose levels
employed in this study would already be significantly lower than occupational limits
recommended by the International Commission on Radiological Protection (ICRP), Federal
Aviation Administration (FAA), and the National Council on Radiation Protection and
Measurements (NCRP). Using dosimetric OLINDA/EXM code estimates, an injection of the
highest

99m

TcO4- activity concentrations used in this study (6.29 MBq mL-1) and the highest

volume injected (300 µL) would give a full body radiation dose of 8.15 µSv if the assumption that
the radioactivity is distributed equally throughout the system and is not eliminated until complete
decay is made (worst case scenario) [146]. This radiation dose is exactly one tenth of the dose that
a flight passenger receives from the cosmic radiation during a transatlantic flight at 10,000 m [147].
However, given the extremely high sensitivity and low limit of detection of this methodology for
quantifying fluid delivery into skin, the total activity used in a measurement can be significantly
reduced, while still achieving far superior measurements compared to the gravimetric method.
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Table 10. Comparison of volume delivery efficiency of intradermal delivery devices. Each injection into ex vivo porcine skin using the topical
control, 30G needle, 26G needle, and the ML6 device was captured by radioactivity measurements (cpm and kBq units) of fluid delivered to the
skin and fluid backflow. The mass released by the syringe was gravimetrically measured as a comparison to the radioactivity measurements.
Activity per volume (kBq µL-1) was measured before each 99mTcO4- injection.
N

Skin

Volume released from
syringe
Intended Gravimetric
volume
Measure
(µL)
(mg)

2
3

100

Radioactivity Measurements

Volume Delivered

% Difference

% Volume

Skin
(cpm)

Backflow
(cpm)

Skin
(kBq)

Backflow
(kBq)

Activity per
Volume
(kBq µL-1)

Skin (µL)

Backflow
(µL)

Radioactive
volume vs.
gravimetric

Skin

Backflow

102.7

4814

523343

0.94

102.62

1.02

0.93

101.07

-0.7%

0.91

99.09

99.1

3002

500257

0.59

98.09

1.00

0.59

98.41

-0.1%

0.60

99.40

101.1

4401

514644

0.86

100.91

1.01

0.86

100.14

-0.1%

0.85

99.15

90.3

9693

588164

1.90

115.33

1.30

1.46

88.54

-0.3%

1.62

98.38

5

98.8

7024

468810

1.38

91.92

0.95

1.45

96.55

-0.8%

1.48

98.52

1

100.6

433547

16853

85.01

3.30

0.87

97.22

3.78

0.4%

96.26

3.74

78.4

421012

47738

82.55

9.36

1.18

70.06

7.94

-0.5%

89.82

10.18

93.6

418965

119438

82.15

23.42

1.14

72.37

20.63

-0.6%

77.82

22.18

104.9

196318

1950

38.49

0.38

0.37

102.98

1.02

-0.9%

99.02

0.98

2
3
4

Porcine, ex vivo

4

Porcine, ex vivo

1

100

5

99.2

142448

35737

27.93

7.01

0.35

78.82

19.78

-0.6%

79.94

20.06

1

123.4

2183470

1142683

42.81

22.41

0.53

81.07

42.43

0.1%

65.65

34.35
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Figure 31. In vivo delivery of 99mTcO4- solution using the ML1 single microneedle device in
Sprague Dawley rats (n=3 for the 0.1 mL injections; n=3 for 0.3 mL injections; error bars
represent standard deviation).
5.4. Conclusions
A novel method has been developed to accurately measure fluid paths during ID delivery of
pharmaceutical formulations into the skin to determine fluid delivery efficiency and fluid wastage.
The use of aqueous formulations with extremely low activities of 99mTcO4- allowed highly accurate
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and sensitive determinations of fluid delivery into the skin as well as the fluid backflow onto the
skin surface with lower limits of detection, compared to the conventional gravimetric method. The
new method was assessed in ex vivo porcine skin and in vivo rat skin, and showed that MN devices
could accurately deliver more than 86% of intended volume into the dermis. Using 99mTcO4- will
allow assessment of ID delivery devices and methodologies in an optimal and fast way to enable
the development of more effective, painless, and potentially self-administrable therapies for
patients. The method was effective at demonstrating that mechanically bypassing the SC layer with
a minimally invasive device allowed successful ID delivery of fluid; and allowing precise
comparison between the performances of ID delivery devices. The MN devices yielded higher
fluid delivery efficiencies than hypodermic needles with the Mantoux technique.
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6. DESIGN AND DEVELOPMENT OF A HOLLOW MICRONEEDLEOPTOFLUIDIC

BIOSENSOR

INCORPORATING

ENZYME-

LINKED ASSAYS
The work presented in this chapter describes and demonstrates the design considerations for a
novel MN-optofluidic biosensing system, assesses the individual components of such a complex
system, and demonstrates the potential for a biosensing platform capable of collecting, trapping,
and analyzing biological molecules in sub-nanoliter volumes of sample at nano- to micro-molar
concentrations, which are the concentrations encountered in ISF samples of a patient that takes
TDM drugs.5 This study utilized streptavidin-horseradish peroxidase (Sav-HRP) as a model
biomolecule to interact with a biotinylated MN lumen surface. Sav-HRP bound to biotin on the
MN lumen with high affinity was quantified by determining the concentration of the HRP enzyme
on the MN lumen using an enzyme-linked absorbance assay. The biotin-streptavidin platform will
facilitate the immobilization of specific recognition elements to adapt the sensor for the detection
of a plethora of drug candidates.
6.1. Materials and Methods
6.1.1. Materials
The following materials were purchased for this study:

5

A version of chapter 3 has been has been prepared for publication:

Ranamukhaarachchi S.A., Padeste C., Häfeli U.O., Stoeber B., Cadarso V.J. Design considerations of a hollow
microneedle-optofluidic biosensing platform incorporating enzyme-linked assays. (submitted on November 17, 2016).
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Thiol-PEG-biotin (mol. wt. 5 kDa, purity > 95%) and thiol-methoxy PEG (thiol-mPEG, mol. wt.
5 kDa, purity > 95%) from Nanocs Inc. (Boston, MA, USA); streptavidin (Sav) from Streptomyces
avidinii (lyophilized powder, mol. wt. 60 kDa), and 3,3’5,5’-tetramethylbenzidine (TMB, purity ≥
95% NT, mol. wt. 240.34 Da) from Sigma-Aldrich (Buchs, Switzerland); Sav-HRP conjugate (2.5
mg mL-1, mol. wt. 110 kDa) from Invitrogen Corporation (Camarillo, CA, USA); hydrogen
peroxide (30% H2O2, Perhydrol®) from Merck (Darmstadt, Germany); SU-8 2075 photo-curable
polymer resist and the propylene glycol methyl ether acetate (PGMEA) developer from
MicroChem (Newton, MA, USA); and PDMS (Sylgard 184) from Dow Corning Corp (Midland,
MI, USA).
Single hollow metallic MN devices were fabricated as described in Section 1.2.1.2. Electroplated
metal sheets with MNs were cut into smaller circular pieces (3 mm diameter, and 7.1 mm2 area).
Hereforth, a “MN backside” refers to the backside surface of such a 3 mm diameter circular sheet
of gold-coated nickel containing a single out-of-plane hollow MN (the side of the metal sheet
opposite the protruding MN). The surface area of the MN backside and inner lumen are 7.1 mm2
and 0.06 mm2, respectively. All surfaces were cleaned using UV irradiation at a 170 nm
wavelength for 10 min using a flat excimer Ex-Mini source (Hamamatsu, Japan).
6.1.2. Microneedle Surface Functionalization
6.1.2.1. Self-assembled monolayers
The well-understood Sav-biotin binding was used to assess the ability to perform bio-recognition
assays on MN surfaces. The Sav-biotin interaction has been widely used to construct functional
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surfaces due to its high affinity binding and bond stability. It can act as a linking platform to build
surfaces with a large variety of functional moieties, in a step-wise fashion.
Thiol-PEG-biotin and thiol-mPEG conjugates were employed to construct self-assembled
monolayers (SAM) on gold surfaces [148, 149]. A 5,000 Da PEG chain (PEG-5000) was selected
due to its ability to reduce non-specific adsorption of proteins in biological fluids [150]. ThiolPEG-biotin and thiol-mPEG solutions were prepared fresh by dissolving in milliQ water to a
concentration of 1 mM. Thiol-PEG-biotin to thiol-mPEG molar fractions ranging from 0-1.0
(referred to as “PEG-biotin solutions” hereforth) were obtained and tested to determine the
optimum surface density of biotin on the gold-coated substrates for Sav binding. Droplets of 5 µL
from each PEG-biotin solution were incubated on the MN backside surfaces for 2 h at room
temperature (Figure 32A). The gold-surfaces were withdrawn from the PEG-biotin solutions, and
washed with phosphate buffer. Sav-HRP (2.5 mg mL-1) was diluted with phosphate buffered saline
(PBS) to a concentration of 10 µg mL-1 (0.1 µM). Biotin-functionalized MN backside surfaces
were incubated with 5 µL droplets of 0.1 µM Sav-HRP for 1 h at room temperature, followed by
three PBS washing steps. Sav-HRP was quantified using the 3,3’5,5’-tetramethylbenzidine (TMB)
assay, as described below.
6.1.2.2. Streptavidin-HRP Binding
MN backside surfaces functionalized with a SAM of 0.1 molar ratio of thiol-PEG-biotin to thiolmPEG were incubated with 5 µL droplets of Sav-HRP (concentrations ranging from 1.9-192 µM)
for 1 h at room temperature to determine the level of bound Sav-HRP. At the end of the incubation
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period, the MN bases were washed with PBS and assessed for the Sav-HRP levels using the TMB
assay.
6.1.3. 3,3’5,5’-Tetramethylbenzidine (TMB) Assay
The enzyme-linked TMB assay is used to quantify the activity of the enzyme HRP. HRP oxidizes
3,3’5,5’-tetramethylbenzidine (colorless) in the presence of hydrogen peroxide, changing the color
of the TMB solution to blue, which can be detected at a wavelength of 635 nm (as shown in Figure
32). The Sav-HRP conjugate is used as a model drug to quantify binding concentrations of
molecules to the MN surfaces. The absorbance of the TMB oxidation end-product correlates to the
concentration of Sav-HRP conjugate present on a surface.
6.1.3.1. Conventional TMB Assay
After binding the Sav-HRP conjugate to the MN backside, a 10 µL droplet of the TMB stock
solution (0.4 mM TMB, 0.04 mM H2O2 in 0.1 M citrate buffer, pH 6.8) was placed on top of the
functionalized MN backside, and incubated for 10 min at room temperature to allow the HRP to
produce the TMB oxidation end-product. After 10 min, a 2 µL volume of the TMB solution was
extracted from the MN backside surface, and its absorbance at 635 nm was determined using a
NanoDrop ND-1000 spectrometer (ThermoFischer Scientific, Waltham, MA, USA).
6.1.4. Preparation of Masters and Molds for the Optofluidic Device
Two masters (a master 1 for the optical waveguide and fiber alignment, and master 2 for the
integration of surface functionalized MN bases to the optofluidic devices) were fabricated with a
SU-8 negative photoresist using photolithography according to manufacturer recommendations
with minor modifications. SU-8 2075 was spin-coated on a SiO2-coated silicon wafer at 1700 rpm
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for 35 s to obtain a 150 µm thick layer for master 1. Following a soft-baking step at 95°C for 30
min, the SU-8 was exposed to UV light (240 mJ cm-2) through a photomask. An immediate postexposure baking step was conducted directly at 95 oC for 5 min, followed by SU-8 development
in PGMEA for 12 min.
Master 2 was fabricated using two SU-8 2025 layers aligned on top of each other for MN
placement and attachment to the optofluidic device. Layer 1 was spin coated to obtain a 50 µm
feature height (1750 rpm), followed by a soft-baking step at 65°C for 3 min and 95°C for 9 min.
Layer 1 was exposed to UV light (240 mJ cm-2) through a photomask. An immediate post-exposure
baking step was conducted at 65°C for 2 min and at 95°C for 7 min. Layer 2 was spin coated to
obtain a 20 µm feature (4000 rpm) and soft-baked on top of layer 1 at 65°C for 3 min and 95°C
for 6 min; and exposed to UV light (240 mJ cm-2) through a photomask with precise alignment to
the first exposure. Another post-exposure baking step was conducted at 65°C for 1 min and at
95°C for 6 min, followed by SU-8 development in PGMEA for 10 min.
A Sylgard 184 PDMS kit was used to weigh and mix thoroughly 30 g of its base solution to 3 g of
its cross-linking agent (10:1 wt:wt base to cross-linker ratio). The PDMS mixture was degassed
under vacuum, poured onto the SU-8 masters, and cured at 80°C for 1 h to obtain 3 mm thick
PDMS slabs with transferred structural features. Once peeled off of the masters, PDMS replicates
from master 1 and master 2 were aligned and bonded to each other using PDMS catalyst bonding,
according to Samel et al. [151] to securely seal the optofluidic channels and prevent leaking.
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6.1.5. Integrating the Microneedle to Optofluidic Sensing Device
To create a continuous biosensing system without major and time-consuming moving parts, a
surface functionalized MN was integrated into an optical sensing unit that acts simultaneously as
a microfluidic detection chamber and as an optical waveguide, forming an optofluidic device
(OFD; Figure 33). It was designed to measure in situ the absorbance of end-products from
enzymatic reactions that take place on the MN surface, using a simple diode laser and a
photodetector. The MN was attached to the OFD transducer made of PDMS (Figure 33A and B).
The area surrounding the microfluidic inlet, where the surface-functionalized MN base was
attached, was first treated for a few seconds with an atmospheric-pressure helium plasma to
decrease the surface contact angle. The MN base was aligned with the microfluidic inlet and placed
on the PDMS surface, followed by application of an instant-bonding cyanoacrylate adhesive
around the circular MN base perimeter. The adhesive completely cured within 10 min, allowing
the use of the MN-integrated OFD device for biosensing experiments.
The detection chamber/optical waveguide (hereforth referred to as the “OFD waveguide”), which
is the main component of the device, was fabricated with dimensions of 150 µm height, 50 µm
and 100 µm widths, and 0.1 to 5 mm lengths. Light was coupled in and out of the OFD using a
luminescent diode laser (635 nm, 1 mW), which was coupled to a 4 µm diameter single-mode
optical input fiber. A 50 µm diameter multi-mode output fiber was connected to a silicon PIN
photodiode (PM100D compact power and energy meter console; Thorlabs, NJ, USA) and was
placed 30 µm away from the opposite end of the OFD waveguide to collect the output light from
the waveguide at a frequency of 1 Hz. The fluid inlet to the OFD was through the MN base, while
the outlet was connected to a syringe pump to improve fluid flow control.
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The optical properties of the devices were characterized using methyl green, a dye which absorbs
light at 635 nm, similar to the TMB oxidation end-product. Methyl green was diluted to an
absorbance reading of 2.5 AU per 10 mm path length.
6.1.6. Microneedle-Optofluidic Device Performance
Biosensing tests using the MN-OFD biosensor were conducted as follows:
1. To assess the performance of MN backsides, a 5 μL volume of Sav-HRP (concentration
ranging from 4.8 nM to 57.7 µM) was placed on the MN outer surface and gradually pulled
into the reaction chamber (MN backside and lumen), allowing the Sav-HRP to interact with
surface-bound biotin. Similarly, to assess the performance of MN lumens only, a 1 μL
volume of Sav-HRP was placed on a glass slide, and the MN tip was brought in contact
with the droplet for 30 s to allow capillary flow of 0.6 nL of Sav-HRP into the MN lumen.
2. After 10 minutes of incubation, the Sav-HRP solution was removed from the MN by
flushing the device with 20 μL of phosphate buffer (using the syringe pump).
3. A 10 μL droplet of the TMB solution (0.4 mM TMB, 0.04 mM H2O2) was placed on the
MN outer surface. The TMB solution was guided through the Sav-HRP on the MN lumen
and backside into the waveguide at a flow rate of 10 nL s-1 for 240 s.
4. After 240 s, the remaining TMB solution from the MN outer surface was removed and
replaced by 50 μL phosphate buffer, which was flushed through the system to terminate
the enzymatic reaction and the biosensing process.
In the case of performing multiple TMB biosensing cycles in one device, steps 2-3 were repeated
(at same or different TMB concentrations). From the data collected, average absorbance (at
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635 nm) of the TMB oxidation end-product was determined during the 196 s to 205 s time interval
to compute the TMB calibration curves in the biosensor.
6.2. Results and Discussion
6.2.1. Surface Functionalization
SAMs containing thiol-PEG-biotin were formed and optimized on the gold-coated backside
surfaces of MN bases to accommodate optimal binding of Sav. Thiol-PEG-biotin to thiol-mPEG
fractions, including 0, 10, 20, 50 and 100 mol% were tested for Sav binding. The highest level of
Sav binding was found for surfaces functionalized with a 10 mol% thiol-PEG-biotin and 90 mol%
thiol-mPEG (0.63 ± 0.05 AU). This was three-fold greater than the level of Sav binding in a surface
functionalized with 100 mol% thiol-PEG-biotin (0.19 ± 0.05 AU). As a result, a 10 mol% thiolPEG-biotin to 90 mol% thiol-mPEG was used in all further SAM formations on MN backsides
and lumens.
MN backsides functionalized with thiol-PEG-biotin were tested for Sav-HRP binding to determine
the specific Sav-biotin binding behavior, including the linear binding range and binding saturation
levels (Figure 32A and B). A conventional TMB assay was conducted on MN backsides to
determine the level of bound Sav (Figure 32C). Sav-HRP binding to the biotinylated MN backside
was linear up to 38.5 nM at a sensitivity of s=8.59 AU µM-1 and a LoD of 0.83 nM (Figure 32D).
The measurement sensitivity was determined by the slope of the linear binding range in Figure
32D.The LoD

𝐿𝑜𝐷 =

3 × 𝜎𝑏𝑙𝑎𝑛𝑘
𝑠
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(13)

was calculated from the standard deviation of a blank measurement σblank and the measurement
sensitivity s. The highest Sav-HRP binding was observed at 38.5 nM (0.36 ± 0.05 AU), after which
the signal decreased, and then stabilized around 0.15 to 0.20 AU (data not shown).

Figure 32. Microneedle surface functionalization. (A) Microneedle devices were functionalized
with thiol-PEG-biotin to determine and optimize the functionalization process and streptavidin
binding. The backside of gold-coated hollow single microneedle devices (7.1 mm2 area) were
cleaned by UV irradiation (A-1), incubated with PEG-biotin solutions (A-2), and bound with SavHRP (A-3) at 22°C for 1 h. (B) The model-biosensing reaction scheme involved binding Sav-HRP
(B-1) and quantifying the bound Sav-HRP level by using the enzyme-catalyzed TMB oxidation
(B-2). (C) The conventional TMB assay parameters were optimized using a NanoDrop UV
spectrometer (1 mm path length). A colorless TMB solution was converted by HRP in the
presence of H2O2 (C-1) to a TMB oxidation end-product (blue color) over a 10 min reaction
period (C-2 and C-3), absorbance of which was quantified at 635 nm. (D) The amount of SavHRP bound to the microneedle device surface was quantified using the TMB assay to provide a
direct binding curve.
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The decrease and stabilization in the signal may be attributed to effects from the competition
between free Sav and bound Sav on the biotinylated surface at high Sav concentration; an effect
of the four-fold biotin-binding capability per Sav; and/or the conformational differences in Sav
binding to biotin on the surface at concentrations higher than 38.5 nM. The linear Sav binding
range presented in Figure 32D indicated that molecule binding and detection can be performed on
the biotinylated MN surfaces.
6.2.2. Optofluidic Device Optimization
The OFD’s sensing characteristics were optimized prior to performing binding and detection of
Sav-HRP. A number of parameters of the sensing system, including the integration of air mirrors,
and the OFD waveguide width and length were manipulated to enhance the sensitivity of detection,
while ensuring that the sensing occurred in the linear detection range for the TMB assay at given
reactant concentrations. The OFD waveguide was designed to enhance the interaction between the
light and the colored fluid in the sensing chamber. In principle, the reflection of the light at the
chamber (nwater=1.33) and PDMS (nPDMS=1.41) interface is based on hollow waveguide
confinement [152], since nwater is smaller than nPDMS. However, a significant optical signal was
lost in this form of light refraction out of the waveguide (up to 23 dB). The intrinsic optical losses
were significantly reduced to 17 dB by engineering air-mirrors along the waveguide to reflect
optical transmissions back towards the OFD waveguide (Figure 33) that would otherwise be
unrecoverable and continue to propagate away from the OFD waveguide and the optical output
fiber. Air mirrors introduced the total internal reflection phenomenon to reflect a large amount of
incident light back to the OFD waveguide, to minimize optical losses from the OFD system. The
self-aligning feature for optical fibers and air-mirrors helped to increase the SNR of the OFD.
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During the optimization of the OFD, the optical signal transmission through the citrate flow buffer
(at a 10 nL s-1 flow rate) was measured in OFD waveguides of varying dimensions with length and
width ranging from 0.1-5.0 mm and 50-100 µm, respectively (Figure 34A). From the 1 mW diode
laser input power at 635 nm that was fed into the OFD waveguide, the mean power of noise from
the OFD was ± 50 pW, while the optical output power through the buffer-filled OFD waveguide
ranged from 1-443 µW. This provided the biosensor with a high SNR between 44.5-69.5 dB for
reliable optical measurements. The optical losses through the buffer-filled OFD waveguide
increased linearly as a function of its length. At very short lengths (0.1-0.5 mm), the 50 µm OFD
waveguide channel width yielded lower optical losses compared to the 100 µm channels. Beyond
1 mm channel length, the 50 µm channel width provided higher optical losses than the 100 µm
width.
Methyl green (0.001 vol%), a dye absorbing light at 635 nm wavelength similar to the oxidation
product of TMB, was used to characterize the absorbance in the OFD waveguide due to the
presence of a dye (Figure 33B). A linear increase in the absorbance of methyl green was observed
as a function of the OFD waveguide length for both 50 µm and 100 µm width levels, as expected
by the Beer-Lambert law. The absorbance sensitivity determined in the OFD waveguide with a 50
µm width was slightly higher compared to a device with 100 µm width. The 5 mm long and 50
µm wide OFD waveguide yielded the highest absorbance in the linear range for methyl green (2.3
AU). Beyond 5 mm in length, absorbance values deviated from linearity for both widths (data not
shown). As a result, an OFD waveguide with 5 mm length and 50 µm width was chosen to integrate
a surface functionalized MN for proof-of-concept biosensing using the Sav-biotin scheme in
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Figure 32B. This waveguide also provided an extremely low fill volume of ~40 nL of TMB endproduct for measurement, which allowed for rapid measurement with minimal reagent use.

Figure 33. Conceptualization of the microneedle-optofluidic biosensor and its components. (A)
A hollow gold-coated microneedle that was surface-functionalized for analyte collection,
binding, and detection was integrated to an optofluidic sensing system for analyte
concentration determination. (B) Top view of the optofluidic device, illustrating the TMB endproduct flow direction through the optical waveguide/detection chamber, locations of the
optical fibers, and the position of the air mirrors. Refractive indices of the optofluidic
components are nair = 1.0, nwater = 1.33, and nPDMS = 1.41.
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Figure 34. Optimization of the optofluidic device. (A) The width and length dimensions of the
OFD waveguide were modified and tested for intrinsic optical losses using citrate buffer. (B)
The absorbance of 0.001 vol% methyl green dye in absorbance units (AU), a TMB oxidationproduct simulant, as a function of channel dimensions.
6.2.3. Performance of the Integrated Microneedle-Optofluidic Biosensor
The MN-OFD was first used to assess the binding of Sav-HRP to the entire surface of the MN
backside (Figure 35A and B). To utilize the functionalized MN backside (7.1 mm2 area), a 5 µL
droplet of Sav-HRP with concentrations up to 58 nM was brought into the MN base through the
MN lumen by suction flow generated using a syringe pump. After 1 min of incubation, the SavHRP was removed from the MN backside. A TMB droplet was placed on the MN and flowed into
the OFD through the MN lumen at a rate of 10 nL s-1, providing time for contact between the TMB
reactants and the HRP bound to the MN backside and producing the colored end-product that was
measured in the OFD waveguide (Figure 35A).
The rate of TMB conversion to its oxidation end-product reached a plateau within 2-3 minutes due
to enzyme saturation and/or activity depreciation. The average absorbance at 200 ± 5 s after the
reaction started was used to establish a calibration curve for the binding of Sav-HRP to the MN
backside (Figure 35B). Sav-HRP binding and detection in the biosensor yielded a linear detection
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range from 1.14-38.5 nM at a sensitivity of 10.6 AU µM-1, providing a comparable translation of
the conventional TMB assay that was conducted on the MN backside surface (Figure 32D) to the
biosensor with about 2/3 reduced measurement time. Given that the volume of the OFD waveguide
was ~40 nL and the TMB measurement only required ~3 minutes of flow through the MN surface
at 10 nL s-1, the measurement could be performed with less than 5 µL of the TMB stock solution
in the biosensor. The LoD in the biosensor (1.14 nM Sav-HRP, determined using equation 1) was
comparable to the conventional TMB assay (0.83 nM Sav-HRP); while the biosensor yielded a
higher sensitivity (10.6 AU µM-1) compared to the conventional TMB assay for the MN backside
(8.59 AU µM-1).
To demonstrate the specificity of Sav binding to the modified MN backside surface, a biotin-less
self-assembled monolayer (100 mol% thiol-mPEG) was incubated with the highest concentration
of Sav-HRP (38.5 nM) and assessed using the TMB assay in the biosensor (Figure 35A). Lack of
binding of Sav-HRP to the MN backside was evident by the absence of TMB oxidation (baseline
result) in Figure 35A.
6.2.4. Biosensing in the Microneedle Lumen
Having confirmed the functionality of the biosensor, the potential to bind Sav-HRP only inside the
MN lumen was assessed. During SAM formation on the MN base, the inner MN lumen containing
an electrodeposited layer of gold was also functionalized with the biotinylated thiol-PEG layer.
During Sav-HRP binding, capillary forces were used to fill the MN lumen without allowing the
sample to come in contact with the backside surface of the MN device, ensuring that only 0.6 nL
of volume filled the MN lumen and interacted with the 0.06 mm2 surface area. Significantly higher
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Sav-HRP concentrations (>0.5 µM) were needed to achieve a detectable signal from the MN
lumen only due to a significant reduction in the active surface area where biotin molecules were
present for bio-recognition and binding of Sav-HRP; and the extremely low quantity of Sav-HRP
molecules present in the 0.6 nL sample volume at concentrations lower than 0.5 µM. Above
0.5 µM, Sav-HRP bound to biotin in the MN lumen in sufficient quantities to allow detection using
TMB (Figure 35C and D). Sav-HRP binding in the MN lumen followed a linear trend up to
7.21 µM at a detection sensitivity of 0.17 AU µM-1 and a LoD of 60.2 nM. Beyond 7.21 µM, SavHRP binding saturated the surface and hindered further binding. The linear Sav-HRP detection
range and the LoD in the MN lumen was significantly higher than for the MN backside surface,
while the detection sensitivity was significantly lower than for the MN backside. Nonetheless, the
binding and detection of Sav-HRP in a MN lumen with only 0.6 nL is the smallest reported
biosensing volume used in a MN-based assay. In comparison, other MN-based technologies
required more than 1000 times higher sensing fluid volumes (> 1 µL) [26, 45, 51].
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Figure 35. Detection of Sav-HRP in microliter volumes in the microneedle-optofluidic biosensor.
(A) The level of Sav-HRP bound to the microneedle backside (5 µL volume, 7.1 mm2 area) was
measured by the biosensor from TMB absorbance between 196-205 s to produce (B) a direct
Sav-HRP binding curve (n=10 data absorbance points; and error bars represent standard
deviations). The “38 nM Control” in A refers to unlabeled Sav without conjugated HRP. (C) The
level of Sav-HRP bound to the microneedle lumen (0.6 nL volume, 0.06 mm2 area) was
measured from TMB absorbance between 196-205 s to produce (D) a direct binding curve (n=10
and error bars represent standard deviations).
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A summary of key results from the MN-OFD biosensor is presented in Table 11.
Table 11. Performance summary for the microneedle optofluidic biosensor and the
conventional biosensing assay.
Detection of Sav-HRP Conventional assay Microneedle-optofluidic biosensor
Functionalized surface

Microneedle
backside

Microneedle
backside

Microneedle
lumen

Sample volume

5.0 μL

5.0 μL

0.6 nL

Sensing area

7.10 mm2

7.10 mm2

0.06 mm2

Maximum detectable
concentration
(in the linear range)

38.50 nM

38.50 nM

7.21 µM

Sensitivity

8.59 AU µM-1

10.60 AU µM-1

0.17 AU µM-1

Limit of detection

0.83 nM

1.14 nM

60.20 nM

Time

10 min reaction
1 min measurement

3.5 min reaction and measurement

6.2.5. Additional Utility of the Biosensor
The MN-OFD biosensor can also be used as an enzyme sensor to study enzyme kinetics and
dynamics, and to optimize enzyme reaction conditions. As an example, the relationship between
one reactant (H2O2) and an enzyme’s turnover was determined by binding 38 µM Sav-HRP to the
MN (Figure 36A). A linear dependency of the measured absorbance on the concentration of H2O2
was observed up to about 0.08 mM. Above that concentration, the enzymes saturated and thereby
limited the progress of the TMB reaction. In addition, the stability of Sav-HRP on the MN surface
was demonstrated in Figure 36B, where repeated TMB measurements yielded consistent
absorbance values with no visible decrease in the TMB signal.
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Figure 36. Utility of the microneedle-optofluidic sensor as an enzyme sensor. (A) Response of
the HRP enzyme to increasing levels of hydrogen peroxide from 0.02-0.16 mM to determine
the optimal reactant concentrations (38 µM Sav-HRP). A calibration curve of TMB absorbance
versus H2O2 concentration (A-inset) showed the linear range for H2O2. (B) Repeatability of the
TMB assay measurements in the sensor over multiple TMB cycles (9.6 µM Sav-HRP, 0.04 mM
H2O2). Peaks represent activity of the HRP to produce the colored TMB end-product, while
valleys represent washing of the microneedle surface with phosphate buffer to remove
reactants from the system.
6.3. Conclusions
The process of developing a proof-of-concept biosensor integrating surface-functionalized hollow
metallic MNs and an OFD sensor was demonstrated using the universal Sav-biotin platform that
can be adapted to the detection of a myriad of highly relevant analytes such as TDM drugs.
Different components of the biosensor have been optimized to obtain a highly performing OFD
capable of sensing analytes in volumes below 1 nL. The biosensor was validated in vitro by
detecting the binding of Sav-HRP to a biotinylated thiol-PEG monolayer on the MN surface at
extremely low LoD ranging from 1.1-60.2 nM. Furthermore, this detection was performed in realtime using extremely low sample volumes that are not otherwise possible with conventional
assays, which usually require more than 1 µL of sample for analysis. All components of the
biosensor provided great flexibility and avenues for optimization of the performance of the sensing
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system for specific TDM drug candidates and applications. Drug-specific biotinylated ligands may
be used to recognize and detect drug candidates in extremely low volumes of biological fluids and
bind them to the Sav inside the MN lumen. This biosensing platform will pave the way to the
development of patient-friendly, painless, minimally-invasive, and point of care diagnostic tools
for specific TDM applications.
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7. THERAPEUTIC DRUG MONITORING WITH AN INTEGRATED
HOLLOW MICRONEEDLE-OPTOFLUIDIC BIOSENSOR
This chapter utilized the MN-OFD biosensor designed in chapter 6 to develop a TDM system for
vancomycin (VAN), since VAN is a TDM candidate that can be detected in ISF, as described in
section 1.2.1.3.6 As an important antibiotic against gram-positive bacteria, such as Staphylococcus
Aureus, VAN exerts its antibacterial effects by binding to peptides terminating with the C-terminal
lysine-d-alanine-d-alanine (KAA) tripeptide motif in the bacterial cell wall [43, 153] with
moderate affinity (KD=1-100 µM), leading to bacterial termination [43]. In this chapter, we
functionalized the MN lumen surface with the acetyl-lysine-d-alanine-d-alanine (AcKAA) peptide
by building on the existing thiol-PEG-biotin and Sav bound surface from chapter 6, as shown in
Figure 37. A competitive binding scheme was used to bind and detect unlabeled and native VAN,
where a VAN-HRP conjugate was pre-bound to the AcKAA surface. VAN in a sample of interest
competed for AcKAA ligands with pre-bound VAN-HRP and displace them in a concentration
dependent manner. The VAN concentration in the sample of interest was determined indirectly,
by quantifying the remaining HRP concentration using the TMB assay.
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Figure 37. The chemical reaction scheme for the detection of vancomycin in low volume
samples inside microneedle lumens. Vancomycin-HRP was pre-loaded to the microneedle
surface (1). Vancomycin present in the sample competed for the acetyl-L-lysine-D-alanine-Dalanine binding sites on the microneedle surface and displaced vancomycin-HRP (2). The
enzyme-linked TMB assay was used to quantify (in the optofluidic detection
chamber/waveguide) the level of bound vancomycin-HRP remaining on the surface (3).
7.1. Materials and Methods
7.1.1. Materials
In addition to the materials listed in section 6.1.1, the following materials were obtained. Acetyllysine-d-alanine-d-alanine (AcKAA, mol. wt. 330.38 Da) peptide (purity ≥ 95% HPLC),
vancomycin hydrochloride (100 mg mL-1 in DMSO, 0.2 µm filtered, mol. wt. 1449.25 Da), Sav
from Streptomyces avidinii (lyophilized powder, mol. wt. 60 kDa), 3,3’5,5’-tetramethylbenzidine
(TMB, purity ≥ 95% NT, mol. wt. 240.34 Da), and biotin-labelled bovine serum albumin (biotin-
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BSA; 8-16 mol biotin per mol BSA) were purchased from Sigma-Aldrich (Buchs, Switzerland).
The vancomycin-horseradish peroxidase conjugate (VAN-HRP, 1 mg mL-1, mol. wt. 45 kDa) was
purchased from Cal Bioreagents (San Mateo, CA, USA); and the EZ-Link sulfo-NHS-LC-biotin
was purchased from ThermoFischer Scientific (Waltham, MA, USA).
7.1.2. Microneedle Fabrication
MNs employed in this study were fabricated as described in section 1.2.1.2, and cleaned as
described in section 6.1.2.
7.1.3. 3,3’5,5’-Tetramethylbenzidine Assay
In this study, Sav-HRP and VAN-HRP conjugates were used to quantify binding concentrations
of biomolecules to the respective surfaces. The absorbance of the TMB oxidation product
correlated to the concentration of HRP-conjugate present on a surface and thus the concentration
of analyte bound (i.e., Sav-HRP or VAN-HRP).
The TMB assay reagent concentrations were optimized to provide a maximum absorbance of 3.0
AU throughout the study. The TMB assay consisted of two solutions: Solution A contained TMB
at 0.4 mM, prepared by dissolving 0.1 g of TMB in 2 mL acetone and 18 mL of methanol. Solution
B was the TMB reaction buffer solution, which was prepared by dissolving 22.06 g citric acid
monohydrate (0.1 M), 5.6 g potassium hydroxide (0.1 M), and 20 µL of 30% hydrogen peroxide
(0.4 mM) in 500 mL of milliQ water. Immediately prior to conducting the TMB assay, 50 µL of
solutions A and 1 mL of solution B were pre-mixed to obtain the TMB stock solution.
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After binding a HRP-conjugate to a MN base, the conventional TMB assay was conducted
according to section 6.1.3.1.
7.1.4. Microneedle Surface Functionalization
7.1.4.1. Self-assembled monolayers
MN surfaces were cleaned and functionalized with a SAM containing thiol-PEG-biotin as
described in sections 6.1.2.1 and 6.1.2.2, respectively. MN base inner surfaces containing a SAM
of 10% molar ratio of biotin-PEG-S: mPEG-SH were incubated with 5 µL droplets of free Sav
(2.4 µg mL-1, 0.1 µM) on Parafilm-coated glass slides for 1 h at room temperature, to allow the
high-affinity binding of Sav to biotin. Sav was used as a stable anchor, as described in 6.1.2, for
subsequent immobilization of drug-specific ligands on MN surfaces (i.e., AcKAA peptide for
VAN binding; Figure 36). At the end of the incubation period, the MN bases were removed from
the incubation slides, and washed three times with PBS.
7.1.4.2. Vancomycin-HRP Binding
A sulfo-NHS-LC-biotin linker (6.24 mM, 4.18 mg mL-1) was mixed with a 6.24 mM AcKAA in
PBS (2.04 mg mL-1) at a volumetric ratio of 1:1, and incubated for 30 min at room temperature to
produce the biotin-AcKAA conjugate. MN bases functionalized with Sav were incubated with 5
µL of the 6.24 mM Biotin-AcKAA conjugate for 1 h at room temperature to immobilize the surface
ligand to promote vancomycin binding (Figure 37). The MN base surfaces were washed with PBS
buffer three times.
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To minimize non-specific binding of VAN-HRP to the MN base surface and to promote binding
to the AcKAA peptides, the surfaces were further treated with BSA (1 mg mL-1) for 30 min at
room temperature. The MN base surfaces were washed with PBS buffer three times.
VAN-HRP concentrations ranging from 0.02-2.20 μM (1-100 μg mL-1) were made from a stock
solution at 22 μM (1 mg mL-1). Each VAN-HRP concentration level was tested on five MN bases
(n=5) that were functionalized with the AcKAA peptide to determine the VAN-HRP binding
behavior as a function of concentration. A 5 μL volume of each VAN-HRP solution was incubated
on the MN base for 10 min at room temperature, allowing VAN-HRP to bind to the AcKAA
peptide. At the end of the incubation, the MN bases were washed with PBS and tested using the
TMB assay to quantify the bound VAN-HRP content. From the absorbance data obtained, a
calibration curve (absorbance versus VAN-HRP concentration) was constructed for VAN-HRP
binding to the MN base at a 7.1 mm2 area (discussed later in section 7.2.1).
7.1.4.3. Vancomycin Binding
In MN bases that were incubated with VAN-HRP, a subsequent binding of VAN at concentrations
ranging from 0-72.6 μM was performed. VAN concentrations ranging from 0.07-72.6 μM (0.11105 μg mL-1) were made from a stock solution at 69 mM (100 mg mL-1). A 5 μL volume of each
VAN concentration level was incubated on the MN base surface for 10 min at room temperature,
allowing VAN to bind to unoccupied AcKAA peptides on the surface or displace bound VANHRP from the AcKAA peptides. At the end of the incubation, the MN bases were washed with
PBS and tested using the TMB assay to quantify the effect of VAN concentration on the
competitive displacement of bound VAN-HRP from the MN base. From the absorbance data
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measured during the TMB assay, a VAN competitive binding curve was constructed for MN bases
at a 7.1 mm2 area (discussed later in section 7.2.1).
7.1.5. Performance of the Microneedle-Optofluidic Sensor
The setup and optimization of the OFD, as well as the MN integration to the OFD was done as
described in 6.1.5. A 5 mm long and 50 µm wide waveguide was selected for the OFD sensing
device.
Biosensing tests using the MN-OFD biosensor were conducted according to Figure 38. MN tips
of integrated biosensor devices equipped with optical fibers were brought in contact with 1 µL
droplets of 0.22-2.20 µM VAN-HRP on a Parafilm-coated glass slide for 60 s, allowing sufficient
time for the MN lumen to fill via capillary action (Figure 38A). VAN-HRP was incubated inside
the MN lumen for 10 min at room temperature, followed by washing the MN lumen with PBS
(Figure 38B). During the washing step with PBS, the optical output power collection process was
initiated to obtain a baseline stabilized optical readout for PBS flow through the optical waveguide
and MN lumen. A 50 µL droplet of the TMB stock solution was placed on the MN base. A suctionflow of 10 nL s-1 was established through the MN and the waveguide using a syringe pump that
was attached to the fluid outlet of the biosensor. The TMB stock solution was flown through the
biosensor for 300 s, and afterwards replaced with 50 µL of PBS to wash away any unreacted TMB
stock solution from the biosensor.
MN lumen was pre-loaded with 0.70 µM VAN-HRP; and subsequently MN tips were brought in
contact with 1 µL droplets of VAN ranging from 0.07-72.6 µM on a Parafilm-coated glass slide
for 60 s, allowing the MN lumen to fill via capillary action (Figure 38C). VAN was incubated
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inside the MN lumen for 10 min at room temperature, followed by washing the MN lumen with
PBS (Figure 38D). As done previously in chapter 6, a 10 µL droplet of the TMB stock solution
was placed on the MN base and a suction-flow of 10 nL s-1 was established through the MN and
the waveguide to conduct the TMB assay in the biosensor (Figure 38E and F). During the TMB
assay, the HRP enzyme converts the TMB solution to a colored end-product in a time-dependent
manner, as shown in Figure 39C and D. The increase in the absorbance of the TMB end-product
due to increasing concentration of VAN-HRP during the TMB assay was continuously monitored
by the biosensor (shown in Figure 39C). A steady state (i.e., plateau of the AU vs. time plot) was
reached for most concentration levels of VAN-HRP after 150-200 s from the start of the TMB
reaction. Absorbance values at 200 ± 5 s were used for further evaluations, including to establish
calibration curves (Figure 39A), as this window presented the best linearity of the calibration curve
for the given biosensing parameters (i.e., TMB solution flow rate and TMB reagent
concentrations).
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Figure 38. Process of conducting the biosensing process in the microneedle-optofluidic device.
Microneedle lumens were pre-loaded with vancomycin-HRP before binding the vancomycin in
an unknown sample. The enzyme-linked TMB assay was used to quantify the remaining
vancomycin-HRP in the microneedle lumen surface.
7.2. Results
7.2.1. Vancomycin Binding Assay on Microneedle Base Surface
The absorbance measurements of a TMB assay (data provided in absorbance units (AU)) following
VAN-HRP binding to AcKAA immobilized on the MN base surfaces followed a sigmoidal curve
over a concentration range from 0.02 to 2.20 μM (Figure 39A).
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Figure 39. Detection of vancomycin in microliter-to-sub nanoliter volumes in the microneedleoptofluidic biosensor. The vancomycin detection scheme was initially tested on microneedle
bases to verify the functionality, prior to transferring to microneedle lumens in the optofluidic
device. VAN-HRP binding curve to the microneedle base (5 µL volume, 7.1 mm 2 area;
absorbance measured by NanoDrop ND-1000) and microneedle lumen (0.6 nL volume,
0.06 mm2 area; measured by the biosensor from absorbance between 196-205 s from Figure
39C) (A); Vancomycin competitive binding curve to VAN-HRP pre-loaded microneedle base (5
µL volume, 7.1 mm2 area; absorbance measured by NanoDrop ND-1000) and microneedle
lumen (0.6 nL volume, 0.06 mm2 area; measured by the biosensor from absorbance between
196-205 s from Figure 39D) constructed on a semi-log plot (B); absorbance measured with the
TMB assay for concentration-dependent VAN-HRP binding to the microneedle-lumen (C) and
concentration-dependent competitive vancomycin binding to VAN-HRP pre-loaded
microneedle lumen (D) over time ; (n=10; error bars represent standard deviations). The
reference was normalized to have the maximum absorbance for a concentration of 0 µM
vancomycin; hence, increasing the concentration of vancomycin reduced the absorbance in an
inverted absorbance sensor (B).
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Strictly monotonic behavior was observed over the range 0.11-1.10 µM VAN-HRP (5-50 µg mL- 1;
R2=0.98), with an average sensitivity of 2.7 AU μM-1 VAN-HRP. Based on the near-linear range
in Figure 39A, the concentration 0.70 µM VAN-HRP was selected for pre-loading the MN base
for competitive binding with VAN.
The VAN-HRP pre-loaded MN bases were exposed 10 minutes to VAN concentration in the range
from 0.07 to 72.6 µM (corresponding to a 0.1-100 molar ratio of VAN: VAN-HRP) for competitive
binding. The remaining VAN-HRP bound to the surface was quantified using the TMB assay, as
shown in Figure 39B. The semi-log linear detection range for VAN is 0.24-72.6 µM with a
detection sensitivity of -0.16 AU/decade VAN concentration. The LoD (calculated as three times
the blank standard deviation divided by the sensitivity) were determined to be 0.24 µM, using the
standard deviation of the blank sample (± 0.01 AU; no VAN; only 0.70 µM VAN-HRP present in
sample).
7.2.2. Competitive Vancomycin Binding Assay in Extremely Low Volume Microneedle Lumens
Biosensing tests using the MN-OFD biosensor were conducted according to Figure 38, where the
analyte solutions - by capillary action - were brought in contact with the MN lumen only. A
concentration dependent linear increase in binding levels from 0.22-0.70 µM VAN-HRP (R2 =
0.98) was observed in the MN lumens. The sensitivity of the MN-OFD sensor to detect a change
in the VAN-HRP concentration was 2.2 AU μM-1 VAN-HRP. Based on the linear detection range,
a VAN-HRP concentration of 0.70 µM was again selected for pre-loading the MN lumen to
achieve a maximum absorbance of ~ 1 AU from VAN-HRP inside the MN lumen without
competitive binding with VAN.
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VAN in a concentration range from 0.07 to 72.6 µM (corresponding to a 0.1-100 molar ratio of
VAN: VAN-HRP) was competitively bound to VAN-HRP pre-loaded MN lumen surfaces by
capillary action (pulling ~0.6 nL volume into the lumen), simulating the MN behavior in
therapeutic applications. The TMB signal decreased for increasing VAN concentrations as shown
in Figure 39B and D following the competitive binding of VAN to the AcKAA peptide inside the
MN lumen (analyte volume < 1 nL) by displacing VAN-HRP. Extrapolating from the linear region
of the sigmoidal curve in a semi-logarithmic plot in Figure 39B, a VAN detection range from 0.340 μM was determined with a higher VAN detection sensitivity of 0.41 ± 0.03 AU/decade VAN
and lower LoD of 84 nM VAN (calculated as done in section 6.2.1), compared to MN base
surfaces.
7.3. Discussion
MN-integrated OFD biosensors have an immense potential to tackle most of the challenges that
face TDM in one convenient and compact package. In clinical use, the device in this study would
eliminate the need for conventional blood-draws using hypodermic needles in TDM patients. At
the moment, this device would work directly for TDM drugs that have recently been shown to
have a direct correlation between blood and ISF concentration, such as vancomycin,
mycophenolate, phenobarbital, methotrexate, and theophylline [23]. By extracting ISF present in
the skin, many TDM drugs could be directly analyzed in minimally-invasive and painless
procedures with hollow MN insertions into the skin and binding the drug inside the MN lumens.
This is expected to significantly improve patient compliance, speed up TDM, and eliminate anxiety
and pain. Furthermore, point of care approaches can be easily envisioned that are user-friendly and
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avoid the use of complex lab equipment to perform TDM, minimize the amount of reagents, and
are very user-friendly.
The OFD sensing device was optimized to directly perform absorbance measurements of the TMB
end-product after exiting the MN lumen towards the optical waveguide. The system was
specifically designed for the extremely low volume reaction conducted directly inside the MN
lumen (0.6 nL volume, 0.06 mm2 area), where conventional laboratory tools that are used in TDM,
such as bench-top spectrophotometers, do not provide sufficient detection and analytical
capabilities. The optical detection chamber dimensions were optimized to obtain sufficient light
absorbance for the typical high-concentrated TMB end-product (>1 AU). Channel lengths shorter
than 5 mm result in lower absorbance values than 1 AU (resulting in lower detection sensitivity).
Channel lengths greater than 5 mm deviated from linearity in the calibration curve for absorbance
versus channel length due to loss of light from the system. During optical sensing in the selected
channel, light was confined in the detection chamber of the OFD device as it was designed to
simultaneously behave as a waveguide [152].
The gold coating of the MN surfaces allowed thiol-based functionalization with “ligands” that can
trap various target molecules by both direct and competitive binding schemes. The VAN trapping
and detection scheme described in Figure 36 involved a combination of chemo-selective gold-thiol
surface modification, and high-affinity Sav-biotin binding to immobilize and stabilize biotinylated
AcKAA ligands on the MN surface that attracted VAN. Compared to the expensive antibodybased methods of VAN detection performed in clinical settings, including the VANC Flex ®
cartridge, QMS® VANCO, and Emit® 2000 assay kits, the protocol presented herein was designed
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with consideration to cost and stability of the surfaces, while maintaining appropriate binding
characteristics (i.e., high binding affinity). The compounds used for surface functionalization of
MN lumens provides flexibility to modify the surface chemistries based on the target-drug
candidate, while being low-cost, robust, and stable during long-term storage. Further, the use of a
VAN-HRP conjugate for competitively binding the AcKAA ligands on the MNs allowed for a
simple enzyme-linked TMB assay to be used to quantify VAN in the analyte. Similarly, the
availability of other peptide/drug candidates with HRP conjugates, such as gentamycin-HRP,
makes the proposed biosensing system a platform technology to be used for TDM of a multitude
of drug candidates.
The biotin-AcKAA immobilized surface for VAN binding was protected from non-specific
binding of analyte and other compounds by a simple BSA treatment (1 mg mL-1 BSA for 30 min),
which reduced non-specific binding of VAN-HRP on the MN base surface significantly (Figure
41B in page 173). MN surfaces functionalized with only PEG-biotin/Sav observed a high degree
of non-specific binding of VAN-HRP (0.7 µM) with 0.62 ± 0.05 AU, which was reduced by the
BSA treatment (0.04 ± 0.02 AU). Similarly, in the absence of BSA, VAN-HRP (at 0.70 µM) bound
to the AcKAA-functionalized surface yielded a TMB end-product absorbance of 1.58 ± 0.28 AU,
which decreased to 1.00 ± 0.43 AU in the presence of BSA-protection on the surface. Further, MN
surfaces that were not functionalized with biotin-AcKAA, but were instead functionalized with
biotin-BSA show strong prevention of VAN-HRP binding (0.04 ± 0.02 AU). Other surface
protection strategies explored less successfully to limit non-specific binding of VAN-HRP on the
surface included binding BSA prior to biotin-AcKAA immobilization and using caseins instead of
BSA.
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Vancomycin in the VAN-HRP conjugate was initially bound to the AcKAA peptide on large MN
base surfaces to test the binding behavior. The resulting sigmoidal curve (Figure 39A) was
explicable by the relatively low affinity binding between VAN-HRP and AcKAA peptide (1-100
µM affinity [153]). Pre-loading of VAN-HRP (0.70 µM) onto MN base surfaces was performed
in a reproducible process to obtain 1.0 ± 0.2 AU during the TMB assay (n=5). This reproducibility
was an important prerequisite to demonstrate the accuracy in quantifying the dynamic
displacement of VAN-HRP by unlabelled VAN. According to Kiang et al. [23], VAN
concentration in the ISF can vary between 3.2-32 µg mL-1 (2.2-22 µM) from peak to trough
concentrations, which was accommodated by the linear dynamic range for competitive binding of
VAN on MN bases above the detection limit presented in Figure 39B (0.24-72.6 µM). The
outcome of the competitive VAN binding tests to the MN base (7.1 mm2 area, 5 µL analyte
volume) supported the use of the MN lumen only (0.06 mm2, 0.6 nL volume) to perform VAN
binding and detection.
Analyzing the drug in the MN lumen only has advantages over using the MN base. The VANHRP binding curve to the MN lumen was similar to the curve for the MN base (Figure 39A), but
the LoD for VAN-HRP was significantly improved for the MN lumen compared to the MN base.
A larger linear VAN-HRP binding range but lower sensitivity was obtained for the MN base
compared to the MN lumen, due to the higher number of AcKAA peptide moieties on the larger
MN base surface. The highest concentration of VAN-HRP that binds to the ligands inside the MN
lumen before saturation (0.70 µM VAN-HRP) was used for pre-loading, which resulted in a TMB
end-product absorbance of 0.98 ± 0.002 AU (similar to the MN base). In the MN lumen, VAN
displaced VAN-HRP from the ligands at a significantly higher sensitivity (0.41 AU per decade
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VAN concentration) compared to the MN base (0.16 AU per decade VAN concentration), as
shown in Figure 39B. This increase in sensitivity inside the MN lumen was due to lower number
of ligands present in the small surface area of 0.06 mm2, where every displacement of a VANHRP from the surface had a significant impact on the resulting concentration of the TMB endproduct. Because of the small area inside the MN lumen, the linear VAN detection range decreased
from 0.7-72.6 µM (7.1 mm2) to 0.3-40 µM (0.06 mm2), but it could still accommodate the clinically
relevant VAN detection range. The LoD for VAN in the MN lumen (84 nM VAN) was
significantly lower than the MN base, and was the lowest value reported to date. Further, using
capillary action to fill MN lumens with VAN-HRP and VAN ensured that the analyte sample
volumes were repeatable, remain solely inside the lumen, and did not come in contact with the
MN base surface, which could be verified by visual inspection from the backside of the MN base.
In comparison, the commercially-available and clinically-used QMS® VANCO assay kit provided
a VAN detection range of 1.35-67.3 µM with a sensitivity of 0.77 AU µM-1 and a LoD of 1.35
µM; while the Emit® 2000 kit provided a detection range of 1.35-34 µM with a sensitivity of 0.70
AU µM-1 and a LoD of 1.35 µM. Both assay kits required 50-100 µL of blood/serum for analysis,
but yielded significantly higher LoD compared to the MN-OFD device. With the LoD being orders
of magnitude lower than the clinically relevant detection range for VAN and the LoD of other
commercial assay kits, the performance of the MN-OFD device was highly superior to currently
used methods for TDM.
The potential of the OFD sensing unit to provide real-time rapid detection of surface bound VANHRP at high sensitivity by measuring the absorbance of less than 40 nL of the TMB end-product
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at a time using optical fibers (volume capacity of the optical waveguide is 40 nL; experiments
performed at a constant flowrate of 10 nL s-1) was shown in Figure 39. In conventional TMB assay
protocols performed using bench-top spectrometers, the TMB reaction is allowed to develop the
colored end-product for more than 10 min [154]. Due to the small diffusion distances between the
TMB reactants and the HRP inside the MN lumen, the color development occurred significantly
faster to reach saturation (under 200 s for all VAN-HRP concentrations). With a high optical SNR
between 42.6-59.4 dB, the OFD biosensor provided reliable, reproducible, and accurate data
during VAN detection and analysis. Features of the OFD sensing device, such as the possibility to
change waveguide dimensions to improve sensitivity and LoD, added to the flexibility and
adaptability of this platform sensing technology. Finally, the ability of MNs to collect extremely
low volumes of ISF inside their lumens directly, the lack of need for analyte transfer from the
collection site to testing site, and the lack of need for microscopes or other sophisticated lab
equipment for analysis makes this biosensing platform very portable and easy to use in TDM.
7.4. Conclusions
This integrated MN-OFD biosensor for medical applications used surface functionalized goldcoated hollow MNs. It allowed the immobilization of ligands on the inner lumen surface that attract
specific drug candidates present in a sub-nanoliter analyte volume. The enzyme assay combined
with the OFD sensing system for vancomycin detection provided high sensitivity (0.41
AU/decade) and low LoD (84 nM) in clinically relevant ranges (from 0.3-40 µM), for extremely
low volume (0.6 nL), and rapid measurements (<5 min in total) of drug binding levels to MNs.
Using vancomycin as a target drug, the potential of the MN-OFD biosensor for TDM in ISF was
demonstrated for point of care applications using a minimally invasive sample extraction and
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limited needs for external equipment (only a diode laser and a photodetector were required). These
results demonstrated the potential of the proposed integrated sensors for the development of
portable devices that can be used by patients to perform TDM with many drug candidates present
in ISF.
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8. SUMMARY AND FUTURE WORK
8.1. Summary
This dissertation presented research and development towards understanding the mechanical
performance of hollow MNs, evaluating their ID fluid delivery potential, and developing a
powerful hollow MN-based TDM platform.
A comprehensive side-by-side micromechanical comparison between human and porcine skins
showed that there were significant differences between the two skin types during microindentation
and MN insertion. It also provided insight into structural differences affecting the mechanical
properties between human and porcine skins, as well as the degradation of the skin due to freezing
for preservation purposes. An artificial mechanical skin model was successfully developed and
validated based on the mechanical properties of human skin that can be readily and cost-effectively
manufactured for testing and quality control of MN technologies. The validated skin model can be
effectively used in determining the appropriate MN insertion protocols that can be introduced to
MN applicators and auto-injectors. The artificial skin model was used with a spring-loaded MN
applicator to determine that MN insertion is a dynamic process, where the total energy of the
applicator system, velocity of impact, microneedle tip area, and number of projections in an array
significantly affect the force and energy required to insert MNs. These findings provide significant
input into the design and development of MN applicator devices that can be used for selfadministration of MN technologies.
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Hollow MN devices integrated with spring-loaded MN applicators and syringes demonstrated their
ability to accurately inject fluids intradermally at greater than 90% volume delivered into the skin.
The novel methodology involving 99mTcO4- injections led to extremely sensitive measurements of
injection dose accuracy at sub-nanoliter resolution, which allowed evaluating the injection
performance of ID delivery devices.
Finally, a novel MN-biosensor platform capable of collecting, binding, and detecting TDM drugs,
such as Vancomycin, demonstrated high sensitivity detection at low limit of detection using
extremely low sample volumes. Further developments of this MN-biosensing system can
potentially revolutionize point-of-care TDM applications.
8.2. Future Work
Several aspects of the hollow MN technology presented herein can be improved in the future to
facilitate the growth of MN applications.
8.2.1. Improvements to the Artificial Skin Model
Though the current AMSM developed in chapter 3 is only a mechanical simulant of skin, it is
possible to customize the AMSM further for specific applications in transdermal drug delivery.
For example, the epidermal/dermal layers of the AMSM can be constructed with porous materials
modelled based on their mechanical properties and diffusion coefficients for transdermal drugdiffusion and fluid extraction studies. As such, the AMSM could be used as a representative model
tissue for optimization of ID drug delivery systems. Long term studies of MN patches with
continuous or discontinuous delivery of drugs and under varying stress conditions (i.e., flexing of
the patch-ASMS system) could be simulated to allow a better understanding of long-term
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efficiency of such devices. Further, adding simulants of the underlying tissue layers (subcutaneous
fat and muscle) to the AMSM can help optimize MN insertion protocols based on the area of MN
application (areas with different muscle tone and fat deposition).
8.2.2. Optimizing Microneedle Design and Insertion
Using the setup developed in chapter 4, a more extensive and comprehensive assessment of the
factors influencing MN insertions can be conducted. Factors that can be evaluated include MN tip
shape and bevel, tip sharpness, MN taper angle (or base diameter to tip diameter ratio), MN height,
distance between each projection in an array, and more. Once the MN geometries are optimized,
the insertion protocol can be optimized to ensure repeatability in MN insertion with minimal force
requirements for rupturing the SC layer of skin.
8.2.3. Optimize Intradermal Delivery Using Hollow Microneedles
Many of the factors affecting successful fluid delivery using hollow MNs are still unknown. A
comprehensive study aiming to evaluate these factors, including pressure and flow rate required
to inject fluid into the ID space, will be beneficial for designing auto-injectors for hollow MNs.
The work presented in 4 and 5 will be useful in designing such a study.
8.2.4. Clinical Assessment of Intradermal Delivery Using Microneedles
With optimized MN geometries, insertion protocols, and a thorough understanding of what leads
to successful ID delivery of fluids, the MNs can be assessed pre-clinically and clinically for in vivo
performance with various drug candidates, such as vaccines, that can potentially have elevated
biological responses when delivered ID. Evidence showing superior performance of vaccines and
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therapeutics when delivered ID exists. Using the hollow MN technology presented here will make
the injection simpler and might improve the pharmacokinetic profiles of many drugs and vaccines.
8.2.5. Clinical Assessment of the Microneedle-Optofluidic Biosensing System
The MN-OFD biosensing system developed in 6 and 7 should be evaluated in pre-clinical and
clinical studies to validate the technology. With in vitro validation of its performance for detecting
Vancomycin using a competitive binding assay, the system can be prepared for in vivo evaluations
in a small animal model treated intravenously with VAN. The biosensor will collect dermal ISF
after application, which can be evaluated rapidly for the bound VAN concentration.
The MN-OFD biosensor can also be modified to bind and detect other TDM drugs that show a
good correlation between blood and ISF concentrations. The relevant TDM drugs include
mycophenolate mofetil, phenobarbital, methotrexate, theophylline, and cisplatin [23].
Furthermore, given that the hollow MNs are metallic, they can also be used in amperometric
biosensing applications.
A tremendous amount of work has been done to date, exploring methodologies to utilize MNs for
minimally-invasive biosensing. With predominant benefits of painless insertions, ability to extract
ISF, presence of many biomolecules in ISF, and already identified correlations between ISF and
blood for some biomolecules, MN-integrated biosensing devices have the potential to
revolutionize diagnostics and TDM.
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APPENDICES
Appendix A – Statistical Data Supporting Chapter 2
To assess the differences between the mechanical properties of skin samples based on skin sources,
skin state, RH conditions, and interactions thereof, student t-tests, ANOVA, and LSD were
calculated according to the following equations.
The t-test was conducted to determine, using the t-statistic (t), significant differences between two
groups of data, using group means (xi), standard deviations (σi), and sample size (ni):
𝑡=

𝑥1 −𝑥2
𝜎1
𝜎
+ 2
√𝑛1
√𝑛2

(14)

The t provides an indication of the separation of an estimated parameter from its population value
or comparator value, and its standard error. The σi indicated the degree of deviation or spread in
group of data points, per:

∑(𝑥𝑖 −𝑋)2

𝜎𝑖 = √

(15)

𝑛𝑖 −1

ANOVA was used to compare differences in means among more than two groups by looking at
variation in the data and where variation is found. Sum of squares between groups (SSB) was
calculated as follows, using overall population means (X):
𝑆𝑆𝐵 = 𝑛1 (𝑥1 − X)2 + 𝑛2 (𝑥2 − X)2 + 𝑛3 (𝑥3 − X)2
Similarly, sum of squares within groups (SSW) was calculated as follows:
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(16)

𝑆𝑆𝑊 = 𝜎12 (𝑛1 − 1) + 𝜎22 (𝑛2 − 1) + 𝜎32 (𝑛3 − 1)

(17)

The F-ratio, a ratio of two variances indicating if the variation among group means is comparable
to what is expected by chance, was calculated to determine the significance of each treatment:
𝑀𝑒𝑎𝑛 𝑆𝑆𝐵

𝐹 𝑟𝑎𝑡𝑖𝑜 = 𝑀𝑒𝑎𝑛 𝑆𝑆𝑊

(18)

The LSD was used to determine the threshold for statistical difference between means of groups.
A difference between the means of two groups greater than the magnitude of the LSD indicated a
statistically significant difference between the groups at a 95% confidence interval.

1

1

𝐿𝑆𝐷1,2 = 𝑡0.05,.𝑒𝑟𝑟𝑜𝑟 𝑑𝑓 √𝑀𝑆𝑆𝑊 (𝑛 + 𝑛 )
1

2

(19)

The following tables provide an anatomical/compositional comparison between human and
porcine skins; the ANOVA from microindentation and MN insertion profiling; and further
information on statistically significant interactions of skin treatments identified during ANOVA.
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Table 12 Sources of variation, degree of freedom, and mean squares for the stratum corneum,
epidermis/dermis composite, and full-thickness skin obtained from the analysis of variance
(ANOVA) of microindentation results for human and porcine skin layers. Statistical significance
(Sig) of each source of variation or interaction thereof is indicated by asterisks as per
probability of F becomes significant (P<0.05*, P<0.01**, P<0.001***).
Source

df

Stratum Corneum

Epidermis/Dermis

Full-Thickness Skin

Mean
Square

Siga

P>F

Mean
Square

Siga

P>F

Mean
Square

Source

1

82186

***

<0.0001

13.28

*

0.0237

1.35

State

1

8736

**

0.0052

20.65

**

0.0049

2.76

Relative
Humidity
(RH)

1

66

Source x State

1

47597

***

Source x RH

1

12898

State x RH

1

6087

Source x State
x RH

1

1819

0.65

5.01

Error

248

1099

2.56

1.34

33.43

87.10

63.83

CV%

1.11

0.98

<0.0001

0.89

57.19

***

0.0007

4.49

1.86

*

0.0194

8.81
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0.0649

Siga

P>F

***

<0.0001

2.00
0.0544

Table 13. Statistically significant interactions between treatments (skin source, state, and
relative humidity) influencing the out-of-plane Young’s modulus of skin layers determined by
microindentation analysis at a 95% confidence interval (LSD=Least Significant Difference,
SD=standard deviation; n=64).
Skin Layer

Stratum Corneum

Epidermis/Dermis

Source

State
Fresh

SD

Frozen

SD

Human

124.91

41.48

109.33

40.84

Porcine

61.81

18.01

100.76

30.78

LSD

11.48

Source

Relative Humidity
35%

SD

100%

SD

Human

123.71

44.38

110.53

38.13

Porcine

73.67

30.28

88.89

31.75

LSD

11.48

State

Relative Humidity
35%

SD

100%

SD

Fresh

97.72

48.84

88.99

40.54

Frozen

99.66

42.08

110.43

28.63

LSD

11.48

State

Relative Humidity
35%

SD

100%

SD

Fresh

1.67

1.4

1.43

1.02

Frozen

1.87

1.11

2.37

2.47
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Skin Layer

Source

State
Fresh

Full-thickness

SD

LSD

0.55

Source

State

Frozen

SD

Fresh

SD

Frozen

SD

Human

1.31

0.73

2.46

1.36

Porcine

2.11

1.46

1.37

0.94

LSD

0.4

Table 14. Sources of variation, degree of freedom, and mean squares for the stiffness (N m -1),
force at insertion (N), and displacement at insertion (µm) obtained from the analysis of
variance (ANOVA) of microneedle insertion results for human and porcine skin layers.
Statistical significance (Sig) of each source of variation or interaction thereof is indicated by
asterisks as per probability of F becomes significant (P<0.05*, P<0.01**, P<0.001***).
Source

df

Stiffness
Siga
P>F

Source
State
Relative
Humidity
(RH)
Source x
State
Source x
RH
State x
RH

1
1
1

Mean
Square
686.72
1079.73
129.65

1

17.41

0.0019

1

130.29

0.0010

1

207.01

Source x
State x
RH

1

Error

120

***
***

<0.0001
<0.0001

Mean
Square
0.0041
0.0039
0.0035

Force
Siga

P>F

***
***
**

0.0007
0.0009
0.0017

*

0.0202

Displacement
Mean
Siga
P>F
Square
5944205
***
<0.0001
1432205
***
<0.0001
3200332
***
<0.0001

85328
177909
198685

0.0070
91.43

126803
0.0070

38.42

139799
0.0003

CV%

42.32

18.18
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33.15

Table 15. Statistically significant interactions between treatments (skin source, state, and
relative humidity) influencing the force of microneedle insertion into skin determined by
microneedle insertion profiling at a 95% confidence interval (LSD=Least Significant Difference,
SD=standard deviation; n=8).
Source

State
Fresh

SD

Frozen

SD

Human

0.109

0.021

0.105

0.011

Porcine

0.105

0.027

0.086

0.01

LSD

0.006
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Appendix B – Skin Preparation and Testing Method in Chapter 3
B1 - Biological Skin Preparation
Skin samples were excised from the abdominal regions of abdominoplasty patients and pigs. The
subcutaneous fatty tissue was removed from the skin. The skin areas were marked with known
dimensions prior to excision from the subject. After excision, the skin samples were re-stretched
to their original dimensions and further cut into smaller samples. These smaller samples were restretched and mounted on a flat substrate for mechanical testing and characterization.
The SC of some skin samples were separated (Figure 40) from the ED composite skin by a mild
heat treatment of the FT skin specimen at 60oC for 180 s inside a sealed plastic bag in a water bath
[72, 130]. Upon separating the SC and the ED layers, they were stretched to their original
dimensions, as described previously. The SC specimens used in tensile testing were pre-stretched
and cut on the dissecting pad prior to testing. The thicknesses of all skin samples were measured
using the Q400 TMA machine (TA Instruments, New Castle, DE, USA).
The stretched skin samples were tested under ambient RH condition in the testing laboratory,
typically ranging between 33-38% RH (average ~ 35% RH), and at saturated moisture conditions
(approximately 100% RH). The 100% RH condition was achieved by wetting the skin samples
with water followed by incubation on a petri dish in a humid environment for at least 20 minutes.
All skin samples were maintained at 20 oC prior to and during the mechano-analysis.
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2 mm

5 mm

Figure 40. Sheets of human stratum cornea (left) separated from full-thickness skin specimens
by mild heat treatment at 60 oC water bath for 180 s were re-stretched on flat rigid substrates
(right).
B2 - Tensile Testing of the Stratum Corneum
The Q400 vertical tensile tester recorded the load-displacement data during the tensile test at a
frequency of 10 Hz. For the tensile test, the SC layers were cut into 5 mm (width) × 8 mm (length)
pieces using a stainless steel template. The SC film thicknesses varied between 10-40 µm. During
tensile testing, the cross-sectional area of the SC layers changed as a function of applied force. To
account for this change in cross-sectional area, true stress
𝜎𝑇 = 𝜎𝑖 (1 + 𝜀𝑖 )

(20).

𝜀𝑇 = 𝑙𝑛(1 + 𝜀𝑖 )

(21)

and true strain values

were determined from given stress σi and strain εi values by using instantaneous values for the
cross-sectional area, which led to more accurate measurements during tensile testing.
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B3 - Statistical Analysis
Two-way ANOVA were performed to compare the following mechanical properties of different
skin types (human, porcine, and artificial skin) at two RH conditions: Young’s modulus, UTS, MN
insertion force, displacement at insertion, and skin stiffness during insertion. The significance of
the skin type and RH, and their interaction were declared when P<0.05 (α=0.05). Multiple
comparison t-tests were performed to determine the directional effects of significant differences
between population means.
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Appendix C – Methods and statistical data supporting Chapter 4
C1 - MATLAB Code for Image Processing
clear all
clc
% Video to Frames
a=VideoReader('video.avi');
numframes = a.NumberOfFrames;
% %%
% for img = 1:numframes;
%
filename=strcat('frame',num2str(img), '.jpg');
%
b=read(a,img);
%
imwrite (b, filename);
% end
%
% load handel;
% sound(y,Fs);
% Displacement Vector
% Calculation of displacement and velocity using binary pixel change in
% cropped images acquired.
pixelspermm = 52; % estimated
for

img = 1:numframes;
filename=strcat('frame', num2str(img), '.jpg');
gr = imread (filename);
bw = im2bw(gr, 0.25);
bwcrop = bw(1:100,1:10); % Adjust the column strip here (row numbers,
column numbers)
mean_pix(img,:) = mean(numel(bwcrop(:, 1)) - sum(bwcrop, 1)); % Total
Black Pix = Total Pix - Total White Pix
mean_mm(img,:) = mean_pix(img,:)/pixelspermm;
end
% Time and Velocity Vectors
fps = 10000; %frames per second for video (for .cine, not .avi)
time_vec_disp = (1:numframes)/fps;
% Force Vector
% Averaging and plotting force data
filename = 'data.xlsx'; %list your excel file
data = xlsread(filename);
frequency = 100000; % frequency of data collection;
ratio = frequency/fps;
force_data_required = (ratio)*numframes;% determine how many force samples
per displacement value
force = data(1:force_data_required,2); % select the column corresponding to
force data (i.e., 2)
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% force = data(1:end,2);
time_vec_force = (1:numel(force))/frequency;%a time vector to represent the
number of mean data points
% Extrapolated Matrices
%Combine Time, Displacement, Velocity, and Force data into one matrix
%Intrapolate displacement data to match the frequency of force data
mean_mmi = interp1(time_vec_disp, mean_mm, time_vec_force, 'pchip');
%Velocity calculation
velocity = diff(mean_mmi)./diff(time_vec_force);
velocity(end+1) = velocity(end); % added an addition point to the velocity
vector to make it equal in length to other vectors

% Max points
[M, idx_disp] = max(abs(mean_mmi));
% [M, idx_vel] = max(abs(velocity));
[M, idx_force] = max(abs(force));
time_max_disp = time_vec_force(idx_disp);
% time_max_vel = time_vec_force (idx_disp);
time_max_force = time_vec_force (idx_force);
% finding starting index point based on min value
norm_force = force(1:idx_force)/max(force);
inverse_force = 1-norm_force;
[pks, peakLoc] = findpeaks(inverse_force,'MinPeakHeight',0.9);
start_idx= peakLoc(end);
% find starting point and crop vectors
mean_mmi_cropped = mean_mmi(start_idx:end);
disp_cropped = mean_mmi_cropped - mean_mmi_cropped(1);
velocity_cropped = velocity(start_idx:end);
force_cropped = force(start_idx:end);
time_cropped = time_vec_force(start_idx:end);
time_cropped = time_cropped - time_cropped(1); %zero time vector
velocity = diff(disp_cropped)./diff(time_cropped);
velocity(end+1) = velocity(end);
% Energy calculations
mass_g = 7;
mass_kg = mass_g/1000;%kg mass of moving object
velocity_m = velocity/1000;
v2 = power(velocity_m,2);
mass_v2 = (mass_kg)*(v2);
KE = 0.5*(mass_v2);
spring_ext_mm = disp_cropped(end) - disp_cropped;
spring_ext_m = spring_ext_mm/1000;
spring_ext2 = power(spring_ext_m, 2);
spring_constant = 485; %spring constant in N/m
constant_ext2 = spring_constant*spring_ext2;
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PE = 0.5*(constant_ext2);
% Figures
figure(1); clf reset;
subplot(4,1,1);
plot(time_cropped, force_cropped, 'x-b', 'linewidth', 2); hold on;
xlim([0 0.004]); xlabel({'Time', '(s)'}); ylabel ({'Force', '(N)'});
subplot(4,1,2);
plot(time_cropped, disp_cropped, 'x-r', 'linewidth', 2); hold on;
xlim([0 0.004]);xlabel({'Time', '(s)'}); ylabel ({'Displacement', '(mm)'});
subplot(4,1,3);
plot(time_cropped, velocity, 'x-k', 'linewidth', 2); hold on;
xlim([0 0.004]); xlabel({'Time', '(s)'}); ylabel ({'Velocity', '(m/s)'});
subplot(4,1,4);
plot(time_cropped, KE, '*-k', 'linewidth', 2); hold on;
xlim([0 0.004]); xlabel({'Time', '(s)'}); ylabel ({'Kinetic Energy', '(J)'});
%
%
%
%
%
%

figure(2); clf reset;
[hAx, hLine1, hLine2] = plotyy(time_cropped, KE,time_cropped, PE);
title ('Energy Balance');
xlim([0 0.01]); xlabel({'Time', '(s)'});
% ylabel(hAx(1),'Kinetic Energy', '(J)');
% ylabel(hAx(2), 'Potential Energy', '(J)');

% make a matrix *i.e. table with cols: time, mena_mmi, force, velocity
combined_table = horzcat(time_cropped(:), force_cropped(:), disp_cropped(:),
velocity(:), KE(:), PE(:));
table_data = table(time_cropped(:), force_cropped(:), disp_cropped(:),
velocity(:), KE(:), PE(:));
writetable(table_data,'test_table_data.xlsx')

figure(2);
subplot(2,1,1);
plot(time_vec_force, mean_mmi, '*-k', 'linewidth', 2); hold on;
xlabel({'Time', '(s)'}); ylabel ({'Displacement', '(mm)'});
subplot(2,1,2);
plot(time_vec_force, force, '*r', 'linewidth', 2); hold on;
xlabel({'Time', '(s)'}); ylabel ({'Force', '(N)'});
new_table = horzcat(time_vec_force(:), mean_mmi(:), force(:));
table_data_2 = table(time_vec_force(:), mean_mmi(:), force(:));
writetable(table_data_2,'test_table_data_2.xlsx');
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C2 - Statistical Analysis
The following tables provide the ANOVA results from dynamic MN insertions.
Table 16. Assessment of the microneedle tip outer diameter and energy on force of insertion
(Fins) and energy to insert (Eins). Sources of variance and degrees of freedom for Fins and Eins as
obtained from the analysis of variance. Single microneedles were used to assess the impact of
the tip outer diameter (60, 100, and 120 µm), and the total energy (Eo=0, 20 and 53 mJ) using a
3 x 3 factorial design. The significance at the probability of p<0.05, 0.01 and 0.001 are indicated
by *, ** and *** indicate, respectively.
Source of Variance
df
Fins
Eins
Tip outer diameter

2

0.5334***

1.33 x10-8 ***

Eo (J)

2

0.455***

8.16 x10-9 ***

Tip outer diameter x Eo (J)

2

0.058***

2.20 x10-9 **

Error

18

0.0025

3.20 x10-10

13.07

38.57

CV%

Table 17. Assessment of the impact of microneedle projections and energy on force of insertion
(Fins) and energy to insert (Eins). Sources of variance and degrees of freedom for Fins and energy
to insert Eins as obtained from the analysis of variance. Microneedles with a tip outer diameter
of 100 µm was used to assess the impact of the number of microneedles (1, 6, and 19) in an
array, and the total energy (Eo=20 and 53 mJ) using a 3 x 2 factorial design. The significance at
the probability of p<0.05, 0.01 and 0.001 are indicated by *, ** and *** indicate, respectively.
Source of Variance
df
Fins
Eins
Number of projections

2

176.324***

4.41x10-6 ***

Eo (J)

1

35.913***

4.31x10-6***

Number of projections x Eo (J)

2

7.2***

1.28x10-6***

Error

18

0.287

5.00 x10-8

11.73

30.75

CV%

172

Appendix D – Optimization of Microneedle-Optofluidic Biosensor Supporting Chapter 7
Optimization of the detection chamber/optical waveguide dimensions (channel length and width)
using diode laser input light and methyl green dye (model dye for TMB end-product, absorbing at
635 nm) showed a linear relationship between the absorbance and the channel length independent
of the channel width (Figure 41A). Figure 41B demonstrates the impact of blocking the AcKAAfunctionalized surface with BSA to prevent non-specific binding of VAN-HRP at a concentration
of 0.70 µM. The waveguide with 5 mm length and 50 µm width dimensions provided an
absorbance measurement of over 1 AU within the observed linear calibration range for a typical
TMB end-product. Beyond ~1.3 AU and ~5 mm channel length, absorbance values deviated from
the linear range of the waveguide dimensions.

Figure 41. Absorbance of the TMB model-dye (methyl green) in the optofluidic sensing system
as a function of optical waveguide length (0.1-10 mm) and width (50-100 µm) (A); and
absorbance of the TMB end-product at 635 nm due to Vancomycin-HRP (VAN-HRP) activity at
0.7 µM in the microneedle base surfaces where bovine serum albumin (BSA) was used for
surface blocking to prevent non-specific binding of VAN-HRP (B). For all measurements, n = 4
and error bars represent standard deviations.
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