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ABSTRACT
Along with the rise of complex and ever more capable technologies, our body is interacting with
a rapidly growing number of man-made devices and machines ranging from biomedical devices
for surgical repair and disease treatment to implantable electronics for monitoring and
augmentation of bodily functions. Despite the recent advances, the interfacing between man-made
devices and the human body – their interactions and communications – are still dominated by
relatively primitive, short-term, low-efficacy, and incompatible strategies. Owing to their close
similarity in mechanical, chemical, and biological properties, hydrogels – polymer networks
infiltrated with a large amount of water – have emerged as an ideal candidate to interface these
two dissimilar realms. However, conventional hydrogels have suffered various limitations to serve
as an effective interface. In particular, one of the central challenges in the development and
practical translation of hydrogel interfaces is robust, reliable, and functional integration to wet,
dynamic, and living biological tissues. This dissertation aims to provide a comprehensive set of
scientific and technological advances to address the challenges in wet adhesion and bioadhesive
technology.
The first part of this dissertation is focused on the mechanics of wet adhesion. In particular,
we will systematically discuss the mechanical design principles for achieving fast tough adhesion
on wet surfaces covered by foulants. First, we propose the design principle for tough wet adhesion
by a synergistic combination between the strong interfacial linkages and the mechanical
dissipation in bulk tough hydrogels. Second, we propose the design principle for rapid wet
adhesion by a dry-crosslinking mechanism that quickly removes the water on wet surfaces. Third,
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we propose the design principle for foulant-resistant wet adhesion by a repel-crosslinking
mechanism that cleans the foulants on wet surfaces. In the second part of this dissertation, we
introduce a set of hydrogel interface technologies uniquely enabled by the wet adhesion in Part I.
First, we introduce novel bioadhesive technologies in the form of a double-sided tape (DST) and
a barnacle-inspired paste to achieve unprecedented rapid, robust, on-demand detachable, and
blood-resistant adhesion on wet and injured tissues. Second, we introduce development and
fabrication of high-performance conducting polymer hydrogels and their robust wet adhesion on
a wide range of bioelectronic devices. Third, we explore a synergistic combination of bioadhesive
and bioelectronic technologies for stable and functional interfacing between biological tissue and
bioelectronic devices based on an electrical bioadhesive interface. In the last part of this
dissertation, we will summarize and discuss the remaining challenges and opportunities in the wet
adhesion and bioadhesive technology for seamless integration and communication between the
human body and artificial devices and machines.
Thesis Supervisor and Committee Chair:
Xuanhe Zhao, Professor of Mechanical Engineering, MIT
Thesis Committee Members:
Rohan Abeyaratne, Professor of Mechanical Engineering, MIT
Nicholas X. Fang, Professor of Mechanical Engineering, MIT
David J. Mooney, Professor of Bioengineering, Harvard University
Ellen T. Roche, Assistant Professor of Mechanical Engineering, MIT
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Chapter 1
Introduction
1.1. Hydrogel interface for the human body
Powered by recent advances in electronics and materials technologies, a variety of devices start to
be used around the human body more intimately than ever. A broad range of devices has already
been introduced in close contact with the human body including smart contact lenses (1, 2),
electronic skins (3-5), robotic prostheses (6, 7), neural interfaces (8-10), ingestible devices (11,
12), and a plethora of implantable medical devices (e.g., insulin pump, glucose sensor, pacemaker,
cochlear implant), to name a few. The human body is machinery made of various kinds of wet and
soft biological tissues and organs. In contrast, the majority of man-made devices typically consist
of starkly different classes of materials, most of which are synthetic, dry, and stiff. These intrinsic
dissimilarities between artificial systems and the human body pose an ever-greater challenge in
terms of reliable interfacing and integration between two different realms (Fig. 1-1).

Figure 1-1 | Hydrogels as an ideal interface between the human body and artificial systems. Hydrogels
possess a unique set of properties to bridge the gap between the human body and artificial systems.

Among the plethora of engineering materials, hydrogels – a crosslinked network of
hydrophilic polymer chains embedded in a water-rich environment – provide a unique set of
opportunities to bridge artificial systems and the human body. Hydrogels’ water-rich, soft, and
biocompatible nature render them as a close-mimicry of biological tissues (13-17), while their
mechanical, biochemical, and electrical properties are highly tailorable (18, 19). With their unique
properties spanning across both artificial and biological realms, hydrogels are one of the most
promising candidates to serve as an ideal interface between two different realms. Recent advances
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in hydrogel science and engineering (20-23) have fueled the development of numerous hydrogelbased interface technologies across a wide range of applications such as biomedicines and
electronics. Devices like surgical sealants, neural implants, and ingestible sensors are already
commercialized in consumer markets (11). In parallel with growing demands from these
technological developments, groundbreaking progresses in hydrogels and their extreme properties
have opened up a wide new opportunity in hydrogel-based interface technologies. During the last
decade, numerous kinds of hydrogel interfaces have emerged across various places in the human
body, demonstrating ever closer communication and integration between man-made devices and
biological systems (Fig. 1-2).

Figure 1-2 | Examples of hydrogel interfaces around the human body.
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1.2. Challenges in wet adhesion and bioadhesive technology
Hydrogel interfaces inevitably involve extensive interfacial interactions between diverse materials
across biological and artificial systems such as living tissues, metals, inorganic solids, plastics, and
elastomers. To ensure integrity and reliable functionality of hydrogel interface over long-term
operation, robust interfacial integration between hydrogels and other materials is undoubtedly one
of the most critical requirements. For instance, implantable devices require robust interfacial
assembly of hydrogels on various engineering materials (24, 25), while biointegrative applications
like tissue adhesive or neural interfaces demand rapid, robust, and stable adhesion of hydrogels on
biological tissues and organs over long-term (26, 27). While adhesion of conventional engineering
materials in dry environments has been a well-established field, adhesion of or to wet materials
such as hydrogels and biological tissues or namely “wet adhesion” is a relatively new yet rapid
growing challenge in the field.
In light of the importance of wet adhesion, intense efforts have been dedicated to the
fundamental mechanics, science, and engineering of wet adhesion in the last decade. Although
strong adhesion of double-network tough hydrogels on porous solids has been achieved (28), it is
significantly limited in the special case of highly micro-porous substrates. In classical rubber
literatures, robust adhesion of dry elastomer to nonporous glass or metals has been developed (2932), but such level of adhesion has not been available for highly water containing hydrogels.
Variety of bioadhesives have developed and commercialized for adhesion on wet biological tissues
and organs, most of existing bioadhesives are only limited to weak or slow adhesion. The presence
of biological foulants such as blood and mucus in physiological environments further imposes
substantial challenges to the existing bioadhesive technologies. Thus, strategies to achieve tough,
rapid, and foulant-resistant wet adhesion not only address the lingering fundamental technical
challenges in the field but also open a wide opportunity toward unprecedented bioadhesive
technologies and their applications in high-stake challenges in our society.

1.3. The scope of the dissertation
The first part of this dissertation discusses the mechanics of wet adhesion with particular focuses
on the mechanical design principles for achieving rapid tough adhesion on wet surfaces covered
with foulants. In Chapter 2, we propose the design principle and implementation of tough wet
adhesion based on the bulk-interface synergy. In Chapter 3, we propose the design principle and
18

implementation of rapid wet adhesion by the dry-crosslinking mechanism. In Chapter 4, we
propose the design principle and implementation of foulant-resistant wet adhesion by the repelcrosslinking mechanism. The second part of this dissertation introduces a set of hydrogel interface
technologies uniquely enabled by the understanding of wet adhesion in Part I. In Chapter 5, we
introduce a dry double-sided tape (DST) for instant and robust tissue repair. In Chapter 6, we
introduce an instant tough bioadhesive with triggerable benign detachment for on-demand
removable tissue sealant or implantable device integration to wet tissues. In Chapter 7, we
introduce a barnacle-inspired paste for instant hemostatic tissue sealing. In Chapter 8, we introduce
high-performance pure PEDOT:PSS hydrogels for bioelectronic devices and applications. In
Chapter 9, we introduce 3D printing of conducting polymer hydrogels for fabrication of
bioelectronic devices. In Chapter 10, we introduce strong wet adhesion of conducting polymer
hydrogels for bioelectronics. In Chapter 11, we introduce the concept and implementation of
bioadhesive electronics by synergistically combining bioadhesive and bioelectronic technologies.
Lastly, in Chapter 12, the concluding remarks are provided to summarize the dissertation and to
discuss remaining challenges and opportunities in the wet adhesion and bioadhesive technology.
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WET ADHESION
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Chapter 2
Tough wet adhesion by bulk-interface synergy
2.1. Introduction
Despite critical importance in various existing and emerging applications, the existing designs for
wet adhesion and bioadhesive technologies have faced significant limitations due to their weak,
slow, and unreliable adhesion performance. In Part I of this dissertation, a set of novel design
principles and their implementations is proposed to resolve these three long-standing challenges
in wet adhesion to realize 1) tough (Chapter 2), 2) fast (Chapter 3), and 3) foulant resistant
(Chapter 4) wet adhesion.
Hybrid combinations of hydrogels and solid materials including metals, ceramics, glass,
silicon and polymers are used in areas as diverse as biomedicine (14, 15), adaptive and responsive
materials (33), antifouling (34), actuators for optics (35) and fluidics (36), and soft electronics (37)
and machines (38). Although hydrogels with extraordinary physical properties have been recently
developed (39-45), the weak and brittle bonding between hydrogels and solid materials often
severely hampers their integrations and functions in devices and systems. Whereas intense efforts
have been devoted to the development of tough hydrogel-solid interfaces, previous works are
generally limited to special cases with porous solid substrates (28). Robust adhesion of dry
elastomers to nonporous solids has been achieved (29-32), but such adhesion is not applicable to
hydrogels that contain significant amounts of water (46). The need for general strategies and
practical methods for the design and fabrication of tough hydrogel bonding to diverse solid
materials has remained a central challenge for the field.
In this Chapter, we report a design strategy based a synergistic combination between
the strong interfacial linkages and the mechanical dissipation in bulk tough hydrogels to
realize extremely tough wet adhesion of hydrogels on diverse solids with interfacial
toughness over 1,000 Jm-2. The resultant tough bonding is optically transparent and electrically
conductive. In addition, we demonstrate novel functions of hydrogel-solid hybrids uniquely
enabled by the tough bonding, including tough hydrogel superglues, hydrogel coatings that are
mechanically protective, hydrogel joints for robotic structures and robust hydrogel-metal
conductors.
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2.2. Mechanism of tough wet adhesion of hydrogel
The proposed strategy to design tough hydrogel-solid bonding is illustrated in Fig. 2-1. Since
interfacial cracks can kink and propagate in relatively brittle hydrogel matrices, the design of tough
hydrogel-solid bonding first requires high fracture toughness of the constituent hydrogels (28).
Whereas tough hydrogels generally consist of covalently-crosslinked long-chain polymer
networks that are highly stretchable and other components that dissipate mechanical energy under
deformation (47, 48), it is impractical to chemically bond all components of the hydrogels on solid
surfaces. We propose that it is sufficient to achieve relatively tough hydrogel-solid bonding by
chemically anchoring the long-chain polymer network of a tough hydrogel on solid surfaces as
illustrated in Fig. 2-1a. When such a chemically-anchored tough hydrogel is detached from a solid,
the scission of the anchored layer of polymer chains gives the intrinsic work of adhesion G0 (49)
(Fig. 2-1b). Meanwhile, the tough hydrogel around the interface will be highly deformed and thus
dissipate a significant amount of mechanical energy (30-32, 50), which further contributes to the
interfacial toughness by GD (Fig. 2-1b). Neglecting contributions from mechanical dissipation in
the solid and friction on the interface, we can express the total interfacial toughness of the
hydrogel-solid bonding as

G = G0 + GD

(2.1)

In Eq. (2.1), G0 may be much lower than GD for tough hydrogel-solid bonding, but it is still critical
to chemically anchor long-chain polymer networks of tough hydrogels on the solid surfaces. This
is because the chemical anchorage gives a relatively high intrinsic work of adhesion G0 (compared
with physically attached cases), which maintains cohesion of the hydrogel-solid interface while
allowing large deformation and mechanical dissipation to be developed in the bulk hydrogel to
give high values of GD (Fig. 2-1b).
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Figure 2-1 | A design strategy for tough bonding of hydrogels to diverse solids. a. The tough bonding
first requires high fracture toughness of constituent hydrogels. Whereas tough hydrogels generally consist
of long-chain polymer networks and mechanically dissipative components, it is sufficient to achieve tough
bonding by chemically anchoring the long-chain networks on solid surfaces. b. The chemical anchoring
gives a relatively high intrinsic work of adhesion G0 , which maintains cohesion of the hydrogel-solid
interface and allows large deformation and mechanical dissipation to be developed in the hydrogel during
detachment. The dissipation further contributes to the total interfacial toughness by

GD . c. Schematics of

various types of hydrogel-solid interfaces to be tested in the current study to validate the proposed design
strategy (from left to right): common and tough hydrogels physically attached on solids, and common and
tough hydrogels chemically anchored on solids.

To test the proposed design strategy, we use a functional silane, 3-(Trimethoxysilyl) Propyl
Methacrylate (TMSPMA), to modify the surfaces of glass, silicon wafer, titanium, aluminum and
mica ceramic (Fig. 2-2a) (51). We then covalently crosslink the long-chain polymer network of
polyacrylamide (PAAm) or polyethylene glycol diacrylate (PEGDA) to the silanes on the modified
surfaces of various solids. To form tough hydrogels, the long-chain polymer network is
interpenetrated with a reversibly-crosslinked network of alginate, chitosan or hyaluronan (42, 48),
in which the reversible crosslinking and chain scission dissipates mechanical energy as illustrated
in Fig. 2-1a and Fig. 2-1b. As control samples, we chemically anchor a pure PAAm or PEGDA
hydrogel on silanized solid surfaces, and physically attach the pure PAAm or PEGDA hydrogel
and corresponding tough hydrogels on untreated solid surfaces as illustrated in Fig. 2-1c. The shear
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moduli of all hydrogels in as-prepared states are set to be on the same level, ~ 30 kPa, by
controlling the crosslinking densities in the hydrogels.

Figure 2-2 | Experimental and modeling results on various types of hydrogel-solid bonding. a. The
chemical anchoring of long-chain polymer networks is achieved by crosslinking the networks to functional
silanes grafted on the surfaces of various solids. b. The high transparency of the hydrogel-solid bonding is
demonstrated by a colorful logo “MIT MECH” behind a hydrogel-glass hybrid. c-e. Photos of the peeling
process of a common hydrogel chemically anchored on a glass substrate. f-h. Photos of the peeling process
of a tough hydrogel with its long-chain network chemically anchored on a glass substrate. (Note that blue
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and red food dyes are added into the common and tough hydrogels, respectively, to enhance the contrast of
the interfaces.) i. The curves of peeling force per width of hydrogel sheet vs. displacement for various types
of hydrogel-solid bonding. j. The calculated interfacial fracture toughness Γ as a function of the prescribed
intrinsic work of adhesion Go in finite-element models for the tough hydrogel and a pure elastic hydrogel
with no mechanical dissipation but otherwise the same properties as the tough hydrogel. The contours in
the inset figures indicate mechanical energy dissipated per unit area.

The samples of tough (e.g., PAAm-alginate) and common (e.g., PAAm) hydrogels
chemically anchored and physically attached on glass substrates all look identical, as they are
transparent with transmittance over 95%. We demonstrate the transparency of a sample in Fig. 22b by placing it above the “MIT MECHE” color logo. We then carry out a standard 90-degree
peeling test with a peeling rate of 50 mm/min to measure the interfacial toughness between
hydrogel sheets with thickness of 3 mm and the glass substrates. A thin (~ 25 µm thick) and rigid
glass film backing is attached to the other surface of the hydrogel sheet to prevent its elongation
along the peeling direction. Thus, the measured interfacial toughness is equal to the steady-state
peeling force per width of the hydrogel sheet (52). Fig. 2-2c-e demonstrate the peeling process of
the common hydrogel chemically anchored on the glass substrate. It can be seen that a crack
initiates at the hydrogel-solid interface, kinks into the brittle hydrogel, and then propagates forward.
The measured interfacial toughness is 24 Jm-2 (Fig. 2-2i), limited by the hydrogel’s fracture
toughness, validating that tough hydrogels are indeed critical in the design of tough hydrogel-solid
interfaces.
Different from the previous process shown in Fig. 2-2c-e, the crack can easily propagate
along the interface without kinking or significantly deforming the hydrogel, giving very low
interfacial toughness of 8 Jm-2 (Fig. 2-2i). Fig. 2-2f-h demonstrate the peeling process of the tough
hydrogel with its long-chain network chemically anchored on the glass substrate. As the peeling
force increases, the hydrogel around the interfacial crack front highly deforms and subsequently
becomes unstable (53, 54), developing a pattern of fingers before the interfacial crack can
propagate. When the peeling force reaches a critical value, the crack begins to propagate along the
hydrogel-solid interface (Fig. 2-2g). During crack propagation, the fingers coarsen with increasing
amplitude and wavelength, and then detach from the substrate (Fig. 2-2h). The measured
interfacial toughness is over 1,500 Jm-2 (Fig. 2-2i), superior to natural counterparts such as tendons
and cartilages on bones. As control cases, we vary the thickness of the tough hydrogel sheet from
1.5 mm to 6 mm, and obtain similar values of interfacial toughness. We further vary the peeling
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rate of the test from 200 mm/min to 5 mm/min, and find that the measured interfacial toughness
decreases from 3,100 Jm-2 to 1,500 Jm-2 accordingly. It is evident that the measured interfacial
toughness of chemically anchored PAAm-alginate hydrogel is rate-dependent, possibly due to
viscoelasticity of the hydrogel. Furthermore, the peeling rate used in the current study (50 mm/min)
gives an interfacial toughness around the lower asymptote, which reflects the effects of intrinsic
work of adhesion and rate-independent dissipation such as Mullins effect (55).

2.3. Numerical model for 90-degree peeling of tough hydrogel
To understand the phenomena described above and the interfacial toughening mechanism, we
develop a two-dimensional (2D) finite-element model to simulate the peeling process of a hydrogel
sheet from rigid substrate under plane-strain condition. In the model, the intrinsic work of adhesion

G0 is characterized by a layer of cohesive elements and the dissipative property of the PAAmalginate hydrogel is characterized by Mullins effect (55). As shown in Fig. 2-3, a hydrogel strip
with length 80 mm and thickness 0.8 ~ 6 mm was adhered on a solid substrate, where a portion of
the gel strip (30 mm) was initially detached.

Figure 2-3 | Schematic illustration of the finite-element model for numerical simulation of peeling
test. The yellow line indicates the stiff backing and the red line indicates the hydrogel-solid interfacial
modeled as a cohesive zone. The white dotted line indicates the unbounded part of hydrogel.

The deformation of the hydrogel strip was assumed to be under plane-strain condition. The
elastic properties and energy dissipation of the hydrogel were modeled as the Ogden hyperelastic
material and Mullins effect (55), respectively. The parameters of the model were obtained by
fitting the model to experimental data from mechanical tests on the PAAm-alginate hydrogel (42)
(Fig. 2-4a). For the elastic properties, the one-term Ogden model can be expressed as
𝑈"#$ = 2𝜇/𝛼 % (𝜆&' + 𝜆'% + 𝜆'( − 3)
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(2.2)

where 𝑈"#$ is the strain energy density, 𝜆) the ith principal stretch, 𝜇 the shear modulus (fitted to
be 36.57 kPa), and 𝛼 the Ogden parameter (fitted to be 1.473). The theoretical model for the
Mullins effect can be expressed as
1"#$ + 𝜙(𝜂)
𝑈 = 𝜂𝑈

(2.3)

,

* )erf +&
*
𝜙(𝜂) = 3 [(𝑚 + 𝛽𝑈"#$
:𝑟(1 − 𝜂)= − 𝑈"#$
]𝑑𝜂

(2.4)
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−𝑈
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𝑟

(2.5)

1"#$ is the strain energy density of perfectly elastic
where 𝜂 is a damage variable (0 < 𝜂 ≤1), 𝑈
*
material (i.e., the primary loading path is also the unloading path), 𝑈"#$
denotes the maximum

strain energy density before unloading, the function 𝜙(𝜂) is referred to as the damage function,
erf is the error function, and the material parameters r = 1.1, m = 4.076, and β = 0.2818 were
obtained by fitting the model to measured stress-strain hysteresis of the PAAm-alginate hydrogel
(42).

Figure 2-4 | Mullins effect and cohesive-zone model. a. Stress-strain hysteresis of the PAAm-alginate
hydrogel measured from experiments and fitted with the Mullins effect model. b. Triangular cohesive law
for the cohesive layer. 𝑡! (𝑖 = 𝑛, 𝑠) represents the nominal stress, and the subscripts n and s indicate
deformation normal to and tangential to the interface, respectively.

The stiff backing was modeled as a linear elastic material with very high Young’s modulus
(i.e., 2 GPa) and very low thickness (i.e., 100 µm). The cohesive layer on the interface was
characterized by a triangular cohesive law with maximum strength Smax and maximum separation
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distance δmax (Fig. 2-4b). The damage of the cohesive layer follows the quadratic nominal stress
criterion,
D

%
𝑡/ %
G +D
G =1
𝑆*$.
𝑆*$.

𝑡-

(2.6)

where 𝑡) (𝑛, 𝑠) represents the nominal stress, and the subscript n and s indicate deformation normal
to and tangential to the interface, respectively.
All the numerical simulations were carried out with ABAQUS/Explicit. The hydrogel and
stiff backing were modeled with CPE4R element, and the cohesive layer at the interface was
modeled with COH2D element. The Poisson’s ratio of the hydrogel was set to be 0.499 to
approximate incompressibility. The adhesive interface was uniformly discretized with very fine
mesh size (0.1 mm). We also performed simulations with an even finer mesh size (0.05 mm),
which gave similar peeling forces and thus verified the mesh insensitivity of our model. Mass
scaling technique was adopted to maintain a quasi-static process during the peeling simulations.
To simulate the peeling test described in the material and experiment section, the left edge of the
strip was first rotated 90 degrees and then moved vertically at a constant velocity, with the reaction
force on the left edge of the strip recorded. The interfacial toughness was then calculated as the
steady-state reaction force divided by the width of the strip, which is set to be unity in the current
model.

Figure 2-5 | The calculated interfacial toughness 𝜞 of a pure elastic hydrogel bonded on rigid
substrates with different intrinsic work of adhesion 𝜞𝟎 . The hydrogel has otherwise the same mechanical
properties as the PAAm-alginate hydrogel. a. The calculated curves of peeling force per hydrogel width
vs. displacement for bonding with values of 𝜞𝟎 . b. The calculated interfacial toughness as a function of the
prescribed Γ 0 . The finite-element model gives 𝜞 ≈ 𝜞𝟎 for pure elastic hydrogel.
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To validate the numerical model, we first simulated the peeling process of a pure elastic
material without energy dissipation. To prescribe different intrinsic work of adhesion 𝛤! in the
cohesive zone, we fixed Smax to be 500 kPa and varied δmax from 0.2 to 1.2 mm. Fig. 2-5a gives
the calculated curves of peeling force per unit width of hydrogel vs. vertical displacement for
different values of 𝛤! . As demonstrated in Fig. 2-5b, the calculated interfacial toughness for a pure
elastic material 𝛤 was indeed very close to the intrinsic work of adhesion 𝛤! , indicating that our
numerical model is capable of accurately calculating the interfacial toughness. We then simulated
the same peeling tests for PAAm-alginate hydrogels with energy dissipation and presented the
results in Fig. 2-6. It can be found that the energy dissipation can lead to an interfacial toughness
four times of the baseline intrinsic work of adhesion. The simulation snapshots of the peeling
process in Fig. 2-7 also confirm that a process zone with significant energy dissipation formed
during the interfacial crack propagation. For the materials without energy dissipation, the
interfacial crack reached the steady state immediately after its initiation (Fig. 2-7d-e) while there
was a crack growth stage from the crack initiation to the final steady state for the materials with
energy dissipation (Fig. 2-7a-c). We also tested the effect of hydrogel thickness on the interfacial
toughness with the finite-element model.

Figure 2-6 | The calculated interfacial toughness 𝜞 of the PAAm-alginate hydrogel bonded on rigid
substrates with different intrinsic work of adhesion 𝜞𝟎 . a. The calculated curves of peeling force per
hydrogel width vs. displacement for bonding with different values of 𝜞𝟎 . b. The calculated interfacial
toughness as a function of the prescribed 𝜞𝟎 . The finite-element model shows that the interfacial toughness
is multiple times of the intrinsic work of adhesion for PAAm-alginate hydrogel.
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Figure 2-7 | Snapshots of the simulations of the peeling tests. a-c. Peeling process of the PAAm-alginate
hydrogel, including crack initiation, crack propagation and stead state. d-f. Peeling process of a pure elastic
hydrogel, including crack initiation and stead state. The color indicates the energy dissipation per unit area
in the materials.

Fig. 2-2j gives the calculated relation between the intrinsic work of adhesion G0 and the
interfacial toughness G . It is evident that the interfacial toughness increases monotonically with
the intrinsic work of adhesion, which is effectively augmented by a factor determined by the
dissipative properties of the hydrogel. We also vary the thickness of the PAAm-alginate hydrogel
in the model from 0.8 mm to 6 mm and find that the calculated interfacial toughness is
approximately the same, consistent with the experimental observation. As a control case, we model
the peeling test of a hydrogel with no Mullins effect (i.e., no dissipation) but otherwise the same
mechanical properties as the PAAm-alginate hydrogel. From Fig. 2-2j, it is evident that the
calculated interfacial toughness for the control case is approximately the same as the prescribed
the intrinsic work of adhesion. Although the current finite-element model does not account for the
effects of fingering instability or viscoelasticity on mechanical dissipation, it clearly demonstrates
that high values of the intrinsic work of adhesion and significant mechanical dissipation of the
bulk hydrogel are key to design tough bonding of hydrogels on solids (Fig. 2-2j).
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Figure 2-8 | Performance of the tough bonding of hydrogels to various solids. a. Measured interfacial
toughness of PAAm-alginate hydrogel bonded on glass, silicon wafer, ceramic, titanium and aluminum are
consistently high, over 1,000 Jm-2, at both as-prepared and swollen states. In contrast, the interfacial
toughness of the control samples is very low, 8 – 20 Jm-2, at as prepared state. (Since the control samples
debond from solids at fully swollen state, the interfacial toughness is not measured.) b. Comparison of
interfacial toughness of PAAm-alginate hydrogel bonded on diverse solids and other hydrogel-solid
bonding commonly used in engineering applications as functions of water concentrations in the hydrogels.
DOPA in b represents 3,4-dihydroxyphenyl-L-alanine. Values in a. represent mean and standard deviation
(n = 3-5).

2.4. Tough wet adhesion for various tough hydrogels
The proposed design strategy and fabrication methods for tough hydrogel-solid bonding is
applicable to multiple types of nonporous solid materials. Fig. 2-8a shows that the measured
interfacial toughness is consistently high for the PAAm-alginate tough hydrogel chemically
anchored on glass (1,500 Jm-2), silicon (1,500 Jm-2), aluminum (1,200 Jm-2), titanium (1,250 Jm-2)

33

and ceramics (1,300 Jm-2). Replacing the PAAm-alginate with other types of tough hydrogels
including PAAm-hyaluronan, PAAm-chitosan, PEGDA-alginate and PEGDA-hyaluronan still
yields relatively high interfacial toughness, 148 – 820 Jm-2, compared with the interfacial
toughness in controlled cases, 4.4 – 16 Jm-2. To explain the difference in interfacial toughness of
different tough hydrogels with long-chain networks chemically anchored on substrates, we
measure the maximum dissipative capacity and fracture toughness of these hydrogels. It can be
seen that, for tough hydrogels with the same chemically-anchored long-chain networks (i.e.,
PAAm-based or PEGDA-based tough hydrogels), both the interfacial toughness and fracture
toughness increase with the maximum dissipative capacity of the hydrogels. These results validate
that significant energy dissipation in bulk hydrogels is critical to achieving high interfacial
toughness.

Figure 2-9 | The effect of anchoring dissipative polymer network on interfacial toughness. a. The
measured interfacial toughness for PEGDA-alginate with alginate anchored on substrates is 13 Jm-2, much
lower than the values of PEGDA-alginate with PEGDA anchored on substrates (365 Jm-2). b. The measured
interfacial toughness for PEGDA-hyaluronan with hyaluronan anchored on substrates is 16 Jm-2, much
lower than the values of PEGDA- hyaluronan with PEGDA anchored on substrates (148 Jm-2). c. The
interfacial toughness for PAAm-alginate with alginate anchored substrates is 1,450 Jm-2, similar to the value
of PAAm-alginate with PAAm anchored on substrates (1,500 Jm-2). Values in a-c. represent mean and
standard deviation (n = 3-5).

Since hydrogels are commonly used in wet environments, we further immerse the PAAmalginate hydrogels with PAAm networks anchored on various solid substrates in water for 24 hours
to allow the hydrogels to swell to equilibrium states. We find that the anchored hydrogels do not
detach from the solid substrates in swollen state. The interfacial toughness of the swollen samples
is measured using the 90-degree-peeling test. As shown in Fig. 2-8a, the measured interfacial
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toughness for swollen hydrogels bonded on glass (1,123 Jm-2), silicon (1,210 Jm-2), aluminum
(1,046 Jm-2), titanium (1,113 Jm-2) and ceramics (1,091 Jm-2) are consistently high, indicating that
the design strategy and fabrication methods can give tough bonding of hydrogels to diverse solids
in wet environment. The slight decrease in interfacial toughness from as-prepared to swollen
hydrogels may be due to the decrease of dissipative capability of hydrogels (56) and/or the residual
stress generated in the hydrogels during swelling.
The above results prove that chemically anchoring the long-chain networks of tough
hydrogels on solid substrates can lead to tough hydrogel-solid bonding. Since the tough hydrogels
used in the current study are composed of covalently-crosslinked long-chain networks and
reversibly-crosslinked dissipative networks, it is also important to know the effects of chemically
anchoring dissipative networks on the resultant interfacial toughness. We chemically anchor the
dissipative networks (i.e., alginate or hyaluronan) in PAAm-alginate, PEGDA-alginate and
PEGDA-hyaluronan hydrogels on glass substrates using EDC-Sulfo NHS chemistry, and then
measure the interfacial toughness of resultant samples. As shown in Fig. 2-9a-b, the measured
interfacial toughness for PEGDA-alginate and PEGDA-hyaluronan hydrogels with dissipative
network anchored on substrates is 13 Jm-2 and 16 Jm-2 respectively – much lower than the values
of the same hydrogels with long-chain networks anchored on substrates (365 Jm-2 and 148 Jm-2
respectively). On the other hand, the interfacial toughness for PAAm-alginate hydrogel with
alginate anchored on substrate is 1,450 Jm-2 (Fig. 2-9c), similar to the value of PAAm-alginate
hydrogel with PAAm anchored on substrate (1,500 Jm-2). It is evident that anchoring either longchain or dissipative networks gives similar interfacial toughness in PAAm-alginate hydrogel but
very different values in PEGDA-alginate (or PEGDA-hyaluronan) hydrogel (Fig. 2-9). The
different results obtained in PAAm-alginate and PEGDA-alginate (or PEGDA-hyaluronan)
hydrogels may be due to much stronger interactions between long-chain and dissipative networks
in PAAm-alginate hydrogel than in PEGDA-alginate and PEGDA-hyaluronan hydrogels. (42, 57)
To compare our results with existing works in the field, we summarize the interfacial
toughness of various hydrogel-solid bonding commonly used in engineering applications vs. water
concentrations in those hydrogels. Whereas our approach allows the PAAm-alginate tough
hydrogels to contain 90 wt. % of water and does not require porous or topographically patterned
surfaces of the solids, it can achieve extremely high interfacial toughness up to 1500 Jm-2. In
comparison, most of synthetic hydrogel bonding has relatively low interfacial toughness, below
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100 Jm-2. Although previous work on hydrogels and animal skin tissues impregnated in porous
substrates gave interfacial toughness up to 1,000 Jm-2, the hydrogels and tissues contains 60 to 80
wt. % water and the requirement of porous solids significantly limits their applications (28).
Further notably, our fabrication methods of tough hydrogel bonding are relatively simple
compared with previous methods and generally applicable to a wide range of hydrogels and solid
materials.

2.5. Conclusion
In this Chapter, we demonstrate that the chemical anchorage of long-chain polymer networks of
tough hydrogels on solid surfaces represents a general strategy to design tough and functional
bonding between hydrogels and diverse solids. Following the design strategy, we use simple
methods such as silane modification and EDC chemistry to achieve tough, transparent and
conductive bonding of hydrogels to glass, ceramic, silicon wafer, aluminum and titanium with
interfacial toughness over 1,000 Jm-2 — superior to the toughness of tendon-bone and cartilagebone interfaces. This unprecedented level of tough wet interfacial adhesion of various hydrogels
on diverse nonporous rigid solids breaks the world record of hydrogel adhesion on solids, and
provides potential to further understand behind mechanisms and design strategies of ubiquitous
tough wet adhesion in nature.

2.6. Materials and Methods
2.6.1. Materials
Unless otherwise specified, the chemicals used in the current work were purchased from SigmaAldrich and used without further purification. For the long-chain polymer networks in the
hydrogels, acrylamide (AAm; Sigma-Aldrich A8887) was the monomer used for the
polyacrylamide (PAAm) networks, and 20 kDa polyethylene glycol diacrylate (PEGDA) was the
macromonomer used for the PEGDA networks. The PEGDA macromonomers were synthesized
based on a previously reported protocol (58) using polyethylene glycol (PEG; Sigma-Aldrich
81300), acryloyl chloride (Sigma-Aldrich 549797), triethylamine (TEA; Sigma-Aldrich 471283),
dichloromethane (Sigma-Aldrich 270997), sodium bicarbonate (Sigma-Aldrich S6014),
magnesium sulfate (Sigma-Aldrich M7506) and diethyl ether (Sigma-Aldrich 346136). For the
polyacrylamide (PAAm) hydrogel, N,N-methylenebisacrylamide (MBAA; Sigma-Aldrich 146072)
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was used as crosslinker, ammonium persulfate (APS; Sigma-Aldrich A3678) as thermal initiator
and N,N,N’,N’-tetramethylethylenediamine (TEMED; Sigma-Aldrich T9281) as crosslinking
accelerator. For the PEGDA hydrogel, 2-Hydroxy-4′-(2-hydroxyethoxy)-2-methylpropiophenone
(Irgacure 2959; Sigma-Aldrich 410896) was used as photo initiator. For the dissipative polymer
networks in tough hydrogels, a number of ionically crosslinkable biopolymers were used including
sodium alginate (Sigma-Aldrich A2033) ionically crosslinked with calcium sulfate (SigmaAlginate C3771), chitosan (Sigma-Aldrich 740500) ionically crosslinked with sodium
tripolyphosphate (TPP; Sigma-Aldrich 238503), and sodium hyaluronan (HA; Sigma-Aldrich
H5542) ionically crosslinked with iron chloride (Sigma-Aldrich 157740). For chemical
modification of various solid materials, functional silane 3-(Trimethoxysilyl) propyl methacrylate
(TMSPMA; Sigma-Aldrich 440159) and acetic acid (Sigma-Aldrich 27225) were used. For
anchoring alginate and hyaluronan on solid substrates, (3-Aminopropyl) Triethoxysilane (APTES,
Sigma-Aldrich 440140), N-Hydroxysulfosuccinimide (Sulfo-NHS, Sigma-Aldrich 56485), N-(3Dimethylaminopropyl)-N′

ethylcarbodiimide

(EDC,

Sigma-Aldrich

39391),

2-(N-

Morpholino)ethanesulfonic acid (MES, Sigma-Aldrich M3671) and Sodium Chloride (SigmaAldrich 746398) were used.
In the 90-degree peeling experiments, borosilicate glass (McMaster Carr), silicon wafers
with a thermal oxidized layer (UniversityWafer), nonporous glass mica ceramic (McMaster Carr),
anodized aluminum (Inventables) and titanium (McMaster Carr) plates were used as the solid
substrates. As a stiff backing for the hydrogel sheet, ultrathin glass films (25 µm; Schott Advanced
Optics) were used together with transparent Scotch tape (3M). In the conductive hydrogel-metal
bonding experiments, sodium chloride solution was used as an electrolyte.
2.6.2. Synthesis of various tough hydrogels
The PAAm-alginate tough hydrogel was synthesized by mixing 10 mL of a carefully degassed
aqueous precursor solution (12.05 wt. % AAm, 1.95 wt. % sodium alginate, 0.017 wt. % MBAA
and 0.043 wt. % APS) with calcium sulfate slurry (0.1328 times the weight of sodium alginate)
and TEMED (0.0025 times the weight of AAm) (42) . The mixture was mixed quickly and poured
into a laser-cut Plexiglass acrylic mold. The lid of the mold included an opening for the
functionalized substrates to be in contact with hydrogel precursor solution. The gel was crosslinked
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by UV light irradiation for an hour (254 nm UV with 6.0 mWcm+% average intensity;
Spectrolinker XL-1500).
The PAAm-hyaluronan tough hydrogel was synthesized by mixing 10 mL of degassed
precursor solution (18 wt. % AAm, 2 wt. % HA, 0.026 wt. % MBAA and 0.06 wt. % APS) with
60 µL of iron chloride solution (0.05 M) and TEMED (0.0025 times the weight of AAm). The
PAAm-chitosan tough hydrogel was synthesized by mixing 10 mL of degassed precursor solution
(24 wt. % AAm, 2 wt. % chitosan, 0.034 wt. % MBAA and 0.084 wt. % APS) with 60 µL of TPP
solution (0.05 M) and TEMED (0.0025 times the weight of AAm). The PEGDA-alginate tough
hydrogel was synthesized by mixing 10 mL of a degassed precursor solution (20 wt. % PEGDA
and 2.5 wt. % sodium alginate) with calcium sulfate slurry (0.068 times the weight of sodium
alginate) and Irgacure 2959 (0.0018 the weight of PEGDA). The PEGDA-hyaluronan tough
hydrogel was synthesized by mixing 10 mL of a degassed precursor solution (20 wt. % PEGDA
and 2 wt. % HA) with 60 µL of iron chloride solution (0.05 M) and Irgacure 2959 (0.0018 the
weight of PEGDA). The curing procedure was identical to the PAAm-alginate tough hydrogel.
Common PAAm hydrogel was synthesized by mixing 10 mL of degassed precursor solution (23
wt. % AAm, 0.051 wt. % MBAA and 0.043 wt. % APS) and TEMED (0.0025 times the weight of
AAm). The curing procedure was identical to the PAAm-alginate tough hydrogel. Note that the
modulus of the common PAAm hydrogel was tuned to match the PAAm-alginate tough hydrogel’s
modulus (30 kPa) based on the previously reported data (42).
2.6.3. Chemically anchoring PAAm and PEGDA on various solid surfaces
The surface of various solids was functionalized by grafting functional silane TMSPMA. Solid
substrates were thoroughly cleaned with acetone, ethanol and deionized water in that order, and
completely dried before the next step. Cleaned substrates were treated by oxygen plasma (30 W
with 200 mTorr pressure; Harrick Plasma PDC-001) for 5 min. Right after the plasma treatment,
the substrate surface was covered with 5 mL of the silane solution (100 mL deionized water, 10
µL of acetic acid with pH 3.5 and 2 wt. % of TMSPMA) and incubated for 2 hours at room
temperature. Substrates were washed with ethanol and completely dried. Functionalized substrates
were stored in low humidity conditions before being used for experiments.
During oxygen plasma treatment of the solids, oxide layers on the surfaces of the solids
(silicon oxide on glass and silicon wafer, aluminum oxide on aluminum, titanium oxide on titanium,
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and metal oxides on ceramics) react to hydrophilic hydroxyl groups by oxygen radicals produced
by oxygen plasma. These hydroxyl groups on the oxide layer readily form hydrogen bonds with
silanes in the functionalization solution generating a self-assembled layer of silanes on the oxide
layers (59). Notably, the methoxy groups in TMSPMA are readily hydroxylated in acidic aqueous
environment and formed silanes. These hydrogen bonds between surface oxides and silanes
become chemically stable siloxane bonds with removal of water, forming strongly grafted
TMSPMA onto oxide layers on various solids (60).
Grafted TMSPMA has a methacrylate terminal group which can copolymerize with the
acrylate groups in either AAm or PEGDA under free radical polymerization process, generating
chemically anchored long-chain polymer network onto various solid surfaces (61). Since the longchain polymer networks in hydrogels are chemically anchored onto solid surfaces via strong and
stable covalent bonds, the interfaces can achieve higher intrinsic work of adhesion than physically
attached hydrogels.
2.6.4. Chemically anchoring alginate and hyaluronan on various solid surfaces
We anchored alginate and hyaluronan via EDC-Sulfo NHS chemistry following previously
reported protocols (62, 63). Glass substrates were cleaned and oxygen plasma treated following
the abovementioned procedures and covered with 5 mL of the amino-silane solution (100 mL
deionized water, 2 wt. % of APTES) and incubated for 2 hours at room temperature. Substrates
were washed with ethanol and completely dried. The amino-silane functionalized glass substrates
were further incubated in either alginate anchoring solution or hyaluronan anchoring solution (100
mL of aqueous MES buffer (0.1 M MES and 50 mM sodium chloride), 1 wt. % alginate or
hyaluronan, Sulfo-NHS (molar ratio of 30:1 to either alginate or hyaluronan) and EDC (molar ratio
of 25:1 to either alginate or hyaluronan) for 24 hours. Incubated glass substrates were finally
washed with deionized water and completely dried before use.
2.6.5. Interfacial toughness measurement
All tests were conducted in ambient air at room temperature. The hydrogels and hydrogel-solid
interfaces maintain consistent properties over the time of the tests (i.e., ~ a few minutes), during
which the effect of dehydration is not significant. Whereas long-term dehydration will significantly
vary the properties of hydrogels, adding highly hydratable salts into the hydrogels can enhance
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their water retention capacity (64). The interfacial toughness of various hydrogel-solid bonding
was measured using the standard 90-degree peeling test (ASTM D2861) with mechanical testing
machine (2 kN load cell; Zwick / Roell Z2.5) and 90-degree peeling fixture (TestResources, G50).
All rigid substrates were prepared with 7.62 cm in width, 12.7 cm in length and 0.32 cm in
thickness. Hydrogels were cured on the solid substrates within Plexiglass acrylic mold with size
of 110 mm x 30 mm x 6 mm. As a stiff backing for the hydrogel, TMSPMA grafted ultrathin glass
film was used with an additional protective layer of transparent Scotch tape (3M) on top of the
glass film. Prepared samples were tested with the standard 90-degree peeling test setup. All 90degree peeling tests were performed with constant peeling speed of 50 mm/min. The measured
force reached a plateau as the peeling process entered steady state, and this plateau force was
calculated by averaging the measured force values in the steady state region with common data
processing software. The interfacial toughness Γ was determined by dividing the plateau force F
by the width of the hydrogel sheet W. To test the dependence of interfacial toughness on hydrogel
thickness, we carried out a set of 90-degree peeling tests on PAAm-alginate hydrogels with
different thicknesses (1.5 mm ~ 6 mm) chemically anchored on glass substrates. For interfacial
toughness measurement of fully swollen samples, each peeling test samples was immersed in
deionized water for 24 hours and tested by the standard 90-degree peeling test.
To demonstrate the peeling rate dependency of the measured interfacial toughness, we
performed a set of 90-degree peeling tests on PAAm-alginate hydrogles chemically anchored on
glass substrates with varying peeling rates from 5 mm/min (lowest) to 200 mm/min (highest). To
demonstrate that the proposed strategy and method is generally applicable to multiple types of
hydrogels, we also performed standard 90-degree peeling tests on various types of tough hydrogels
including PAAm-hyaluronan, PAAm-chitosan, PEGDA-alginate and PEGDA-hyaluronan
hydrogels chemically anchored on glass substrates. The measured interfacial toughness for these
tough hydrogels (148 – 820 Jm-2) was consistently much higher than the interfacial toughness of
the control cases (4.4 – 16 Jm-2).
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Chapter 3
Rapid wet adhesion by dry-crosslinking mechanism
3.1. Introduction
When two dry surfaces are brought into contact with each other (Fig. 3-1a), they can form instant
adhesion due to mechanisms such as hydrogen bonds, physical entanglements, electrostatic and
van der Waals interactions (65-73). If interfacial water presents on one or both surfaces (Fig. 31b), the abovementioned interactions will be significantly hindered as the interfacial water
separates molecules from the two surfaces (74-77). Wet adhesion of surfaces with interfacial water,
however, is of great significance in a broad range of biomedical and industrial applications such
as bioadhesives for wet tissues and underwater glues (27, 78, 79).

Figure 3-1 | Dry adhesion and wet adhesion. a. Two adherends with dry surfaces are brought into contact,
and an adhered interface is formed due to chemical crosslinking and/or physical interactions. b. A dry
adherend A is brought into contact with another adherend B covered with interfacial water. The adhered
interface can also be formed by chemical crosslinking and/or physical interactions.

A commonly used strategy for adhesion of wet surfaces such as wet tissues relies on a
diffusion-based mechanism. Without loss of generality, let’s consider that an adherend A is brought
into contact with another adherend B covered with interfacial water (Fig. 3-2a). The adhesive
components (e.g., monomers, macromers, polymers, and particles) from the adherend A can
diffuse across the interfacial water to form physical and/or covalent crosslinking on the surface of
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or within the adherend B (27, 73, 80-85). While this diffusion-based mechanism can bond wet
surfaces, the diffusion of adhesive components typically requires a relatively long time, because
of the low diffusivity of large molecules (86, 87). For example, existing commercially available
bioadhesives usually take a few minutes to adhere to wet tissues (88, 89). Recently developed
tough hydrogel adhesives (27) and topological adhesion (73) require steady compression of
adherends for 5 to 30 min to form stable adhesion.

Figure 3-2 | Two mechanisms to achieve wet adhesion. a. Diffusion-based mechanism. The adhesive
components from the adherend A diffuse across the interfacial water and form an adhered interface with
the adherend B by chemical and/or physical interactions. b. Dry-crosslinking mechanism. The adherend A
absorbs the interfacial water and then forms an adhered interface with the adherend B by chemical and/or
physical interactions.

In this Chapter, we propose a new strategy for rapid adhesion of wet surfaces by a
dry-crosslinking mechanism that quickly removes the water on wet surfaces (89). Instead of
diffusing adhesive components, the adherend A can quickly absorb the interfacial water, contact
the surface of the adherend B, and subsequently form both physical interactions and covalent
crosslinking on the interface (Fig. 3-2b). As an embodiment of the dry-crosslinking mechanism, a
double-sided tape of dry hydrophilic polymer networks (i.e., adherend A) forms adhesion on
diverse wet tissues (i.e., adherend B) within 5 s, giving stable and high interfacial toughness up to
1,000 J/m2 over multiple days (89). While the dry-crosslinking mechanism (Fig. 3-2b)
demonstrates advantages over the diffusion-based mechanism (Fig. 3-2a) for wet adhesion, the
detailed physics and mechanics for absorbing interfacial water require furter investigation. A
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quantitative understanding of the dry-crosslinking mechanism will potentially facilitate the
rational design of future adhesives for wet adhesion. Since dry hydrophilic polymer networks have
been widely used for the implementation of the dry-crosslinking mechanism (89), we will choose
them as a model material to study the physics and mechanics of absorbing interfacial water in this
paper. Unlike wet polymeric hydrogels, which swell upon absorption of water, a dry hydrophilic
polymer network undergoes both hydration and swelling when it is in contact with water. Thus,
studying the kinetics of coupled hydration and swelling of dry polymer networks is essential for
the quantitative understanding of the absorption of interfacial water in the dry-crosslinking
mechanism.
The hydration kinetics of dry polymers have been extensively studied over the past decades
(90-92). The hydration of a dry polymer network generally creates a sharp and moving hydration
front, which separates the polymer network into the hydrated and dry parts (92-95). Since the
hydration is associated with the diffusion of water, three categories of diffusion kinetics, i.e., CaseI diffusion, Case-II diffusion, and anomalous diffusion, have been used to describe the hydration
behaviors (96). As the most common category, Case-I diffusion has a negligible time scale for
polymer relaxation compared with solvent diffusion, and thus the Fick’s laws are employed to
describe the hydration process, in which the hydration front advances by a distance proportional
to the square root of time. In contrast, the time scale for Case-II diffusion is governed by polymer
relaxation, and the distance that the hydration front propagates shows a linear scaling relation with
time in Case-II diffusion (92). Anomalous diffusion lies between the above two extreme cases (96).
Crank established a classical theory for the sharp hydration front in the Case-I scenario (97, 98).
It was assumed that the sharp hydration front is associated with a sharp variation in the diffusivity
of water molecules in the hydrated and dry parts. By using a step function for the relation between
the diffusivity and the water concentration (e.g., Fig. 3-4b), Crank provided an analytical solution
for the position of the sharp penetrant front as a function of time in a one-dimensional model.
However, Crank’s model did not consider the swelling of the hydrated polymers. While Wang and
Kwei considered the swelling of the hydrated part of the polymer network (99-101), their model
assumed a uniform swelling ratio in the hydrated part. Furthermore, some models were developed
for the inhomogeneous swelling and large deformation of wet polymeric gels (102-108), but these
models did not consider the hydration of polymer networks, only applicable to wet gels.
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In Section 1, we present a combined theoretical and experimental study on the coupled
hydration and inhomogeneous swelling of dry polymeric networks. We observe that the absorption
of water indeed creates a sharp and moving hydration front in the initially dry polymer network,
where the hydrated part swells by further absorption and the un-hydrated part maintains in the dry
state. We develop a quantitative model for the coupled hydration and inhomogeneous swelling of
dry polymer networks following Case-I diffusion and provide a set of results on the hydration and
swelling behavior of dry polymer networks by analytically and numerically solving the model.
After validating the model with experimental data, we finally present a guideline for the design of
dry polymer networks to achieve fast, stable, and tough adhesion with wet surfaces.
In Section 2, we develop the theoretical model for the coupled hydration and
inhomogeneous swelling of dry polymer networks. Section 3 provides the asymptotic solutions for
two limiting cases, in which either the hydration or diffusion kinetics is much faster than the other
one. Section 4 provides numerical solutions for general cases, in which the hydration and diffusion
kinetics are on the same order. Our model is experimentally validated in Section 5. In Section 6,
we will present the guideline for the design of dry adhesives. Section 6 also discusses on the time
scales for the diffusion-based and dry-crosslinking mechanisms, demonstrating the merit of the
dry-crosslinking mechanism in terms of achieving faster adhesion. Section 7 gives the concluding
remarks of the Chapter.
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Figure 3-3 | The hydration and swelling process of a dry polymer network. a. A dry polymer network
with a thickness of 𝐻 is bonded on a rigid substrate. Coordinate 𝑋 is defined from the top surface of the
polymer network, which is in direct contact with water. The initial dry state is regarded as the reference
state. b. The dry polymer network first undergoes a coupled hydration and swelling process. The water
migrates into the polymer network and forms a sharp hydration front with a coordinate of 𝑋# , which
separates the polymer network into a hydrated part and a dry part. As the hydration front moves towards
the substrate, the hydrated part further swells in the thickness direction. c. After becoming fully hydrated,
the polymer network undergoes a pure swelling process. d. At the equilibrium state, the polymer network
achieves an equilibrium thickness of 𝐻𝜆$ .

3.2. Theoretical model
3.2.1. Kinematics of the hydration and swelling process
We first provide a qualitative overview of the hydration and swelling of the dry adhesive in the
form of a layer of a dry hydrophilic polymer network (89). One surface of the dry polymer network
is bonded on a rigid substrate (Fig. 3-3a). As the other surface of the dry polymer network is in
contact with water, a sharp hydration front advances within the polymer, dividing it into a hydrated
part and a dry part (Fig. 3-3b). Meanwhile, the hydrated part of the polymer further swells by
absorbing more water. As the hydration front reaches the bonded surface, the polymer network
becomes fully hydrated. The polymer continues to swell as a common hydrogel (Fig. 3-3c), and
eventually reaches an equilibrium swollen state (Fig. 3-3d).
We define the dry state of the polymer network as the reference state (Fig. 3-3a), which is
isotropic and stress-free following the convention of previous models for gels (103, 107, 108). Due
to the planar geometry of the dry polymer layer and the constraint by the substrate, the polymer
can only swell along the thickness direction. Thus, the hydration and swelling of the polymer can
be regarded as a one-dimensional process. A point in the polymer network is denoted by its
coordinate 𝑋 along the thickness direction in the reference state (Fig. 3-3a). It should be noted that
if the swelling ratio of the polymer is above a certain value, the creasing instability can occur on
the surface of the polymer (109, 110). However, since the creasing instability will be localized at
a few locations on the surface of the polymer, it is expected that the creasing instability does not
significantly affect the kinetics of water absorption by the polymer.
In the reference state, the dry polymer network has an initial thickness of 𝐻. The thickness
of the polymer network in the current state at time 𝑡 is denoted by ℎ(𝑡). Due to the constraint of
the substrate, the principal stretches of the polymer network along two in-plane directions maintain
to be 1 throughout the hydration and swelling process. The principal stretch of a point in the
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polymer network along the out-of-plane (thickness) direction in the current state is denoted by
𝜆(𝑋, 𝑡), which is a function of the point’s coordinate 𝑋 and the current time 𝑡 (Fig. 3-3c). Defining
the swelling ratio of a point as the point’s volume in the current state over its volume in the
reference state, the swelling ratio is equal to the out-of-plane principal stretch of the point 𝜆(𝑋, 𝑡).
In the equilibrium swollen state, all points in the polymer network have an equilibrium swelling
ratio of 𝜆0 in the thickness direction.
Furthermore, we define the water concentration of a point in the polymer network as the
number of water molecules per unit volume of the point in the reference state 𝐶(𝑋, 𝑡), which is a
function of the point’s coordinate 𝑋 and the current time 𝑡. The volume of a point in the polymer
network is taken to be equal to the summation of the volumes of dry polymer network and water
at the point (107, 111), which leads to the relation,
1 + 𝜈𝐶 = 𝜆

(3.1)

where 𝜈 is the volume per water molecule. In the equilibrium swollen state, all points in the
polymer network have an equilibrium water concentration of 𝐶0 , and Eq. (3.1) gives
1 + 𝜈𝐶0 = 𝜆0

(3.2)

3.2.2. Thermodynamics of the swollen polymer network
Next, we discuss the thermodynamics of the polymer network during the swelling process. The
equilibrium swollen state of the polymer network results from a balance of the Helmholtz free
energies of stretching polymer chains and mixing polymer chains with water (112). The nominal
Helmholtz free energy function 𝑊, defined as the Helmholtz free energy per unit volume of the
polymer network in the reference state, is taken as a function of the out-of-plane principal stretch
𝜆 and the water concentration 𝐶 per unit volume of the reference state. The out-of-plane nominal
stress 𝑠 and the chemical potential of a water molecule in the polymer 𝜇 are calculated as the
partial derivatives of 𝑊 with respect to 𝜆 and 𝐶, respectively (107, 111),
𝜕𝑊(𝜆, 𝐶)
𝜕𝜆
𝜕𝑊(𝜆, 𝐶)
𝜇=
𝜕𝐶
𝑠=
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(3.3)
(3.4)

The polymer network is taken to follow the Flory-Rehner Helmholtz free energy function (107,
111),
𝑊(𝜆, 𝐶) = 𝑊1 (𝜆) + 𝑊2 (𝐶) + 𝛱(1 + 𝜈𝐶 − 𝜆)

(3.5)

where 𝑊1 (𝜆) and 𝑊2 (𝐶) are contributions from stretching the polymer network and mixing of the
polymer chains and water to the Helmholtz free energy, respectively. The term 𝛱(1 + 𝜈𝐶 − 𝜆)
reinforces the assumption of molecular incompressibility Eq. (3.1), where 𝛱 is a Lagrange
multiplier. For the one-dimensional problem, 𝑊1 (𝜆) and 𝑊2 (𝐶) are taken to follow the FloryRehner free energy function (107, 111, 113, 114)
1
𝑊1 (𝜆) = 𝑁𝑘3 𝑇(𝜆% − 1 − 2ln𝜆)
2
𝑘3 𝑇
1
𝜒
𝑊2 (𝐶) = −
]𝜈𝐶ln ^1 + _ +
a
𝜈
𝜈𝐶
1 + 𝜈𝐶

(3.6)
(3.7)

where 𝑁 is the number of polymer chains per unit volume of the polymer network in the reference
state, 𝑘3 is the Boltzmann constant, 𝑇 is the absolute temperature, 𝜈 is the volume per water
molecule, and 𝜒 is the Flory solvent-polymer interaction parameter. Substituting Eqs. ((3.5) – ((3.7)
into Eqs. ((3.3) and ((3.4), we can obtain that
𝑠 = 𝑁𝑘3 𝑇(𝜆 − 𝜆+& ) − 𝛱
𝜇 = 𝑘3 𝑇 ]ln

𝜆−1 1 𝜒
+ + % a + 𝛱𝜈
𝜆
𝜆 𝜆

(3.8)
(3.9)

In the absence of body forces, the mechanical equilibrium condition 𝜕𝑠/𝜕𝑋 = 0 and the tractionfree boundary condition 𝑠(𝑋 = 0) = 0 require that 𝑠 = 0 in Eq. ((3.8), which gives 𝛱 =
𝑁𝑘3 𝑇(𝜆 − 𝜆+& ). At the equilibrium swollen state, the chemical potential of water molecules in the
polymer network is equal to that of the interfacial water 𝜇! , which is taken to be 0, and thus 𝜇 = 0
in Eq. ((3.9). Therefore, the equilibrium swelling ratio (or out-of-plane stretch) of the polymer
network 𝜆0 can be solved from the following equation,
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ln

𝜆0 − 1
1
𝜒
1
+
+ % + 𝑁𝜈 ^𝜆0 − _ = 0
𝜆0
𝜆0 𝜆0
𝜆0

(3.10)

Figure 3-4 | Coupled hydration and swelling of a dry polymer network as a semi-infinite medium. a.
The hydration front at 𝑋 = 𝑋# corresponds to a transition from the relatively fast diffusion (𝐷 = 𝐷% ) to the
relatively slow diffusion (𝐷 = 𝐷& , 𝐷& ≪ 𝐷% ). The magnified view shows more water molecules present at
the hydrated side of the hydration front, whereas water concentration decreases sharply at the dry side of
the hydration front. b. Diffusivity 𝐷 as a step function of water concentration 𝐶 or swelling ratio 𝜆, where
𝐶# and 𝜆# denote the critical water concentration and the swelling ratio at the hydration front, respectively.
c. Distribution of diffusivity 𝐷 in the thickness direction of the polymer network. d. The coordinate of the
hydration front 𝑋# versus √𝑡 in the polymer network. e. Distribution of swelling ratio 𝜆 in the thickness
direction of the polymer network, where 𝜆$ denotes the equilibrium swelling ratio at the boundary in
contact with water.

3.2.3. Kinetics of Case-I hydration and swelling
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The transportation of water molecules throughout the polymer network is taken to follow Crank’s
diffusion model (96, 97, 99). The water molecules diffuse in the hydrated part of the polymer
network as in common hydrogels, which is featured with a relatively high diffusivity. By contrast,
the diffusion of water molecules in the dry part can be negligibly slow, corresponding to a
diffusivity many orders of magnitudes lower than the diffusivity in the hydrated part (99, 115). As
the water molecules reach the hydration front, the initially dry polymer network in the glassy state
begins to transform into a hydrated polymer network in the rubbery state, which is accompanied
with a dramatic increase in the water diffusivity in the hydrated polymer network (99) (Fig. 3-4a).
This transition of the polymer network from the glassy state to the rubbery state is due to the
reduction of the polymer network’s glass transition temperature 𝑇4 during hydration. A simplified
expression for 𝑇4 reads as (99, 116):

𝑇4 =

𝛼& 𝑇4& + 𝛼% 𝜈𝐶𝑇4%
𝛼& + 𝛼% 𝜈𝐶

(3.11)

where 𝜈 is the volume of a water molecule, 𝐶 is the number of water molecules per unit volume
of the polymer in the reference state, 𝑇4& and 𝑇4% are the glass transition temperature of the
polymer and the melting point of the solvent, respectively, and 𝛼& and 𝛼% are the thermal
expansion coefficients of the polymer and the solvent, respectively. The melting point 𝑇4% of a
typical solvent such as water is much lower than the glass transition temperature 𝑇4& of a typical
polymer. Therefore, when the solvent concentration 𝐶 reaches a critical value 𝐶5 or the swelling
ratio 𝜆 reaches a critical value 𝜆5 based on Eq. (3.1), 𝑇4 of the hydrated polymer network reduces
below the ambient temperature, giving rise to the rubbery state of the hydrated polymer.
During the hydration and swelling process, the transportation of water molecules
throughout the polymer network can be taken to follow the general Darcy’s law (103, 107, 108),

𝐽 = −𝑀
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𝜕𝜇
𝜕𝑋

(2.12)

where the nominal flux of water 𝐽 is the number of water molecules crossing per unit area in the
reference state per unit time (107). The nominal mobility 𝑀 depends on the kinetics of the
diffusion of water molecules, which can be expressed as (103, 107, 108)

𝑀=

𝐷 +%
𝜆 (𝜆 − 1)
𝜈𝑘7 𝑇

(3.13)

where 𝐷 is the diffusivity of water molecules in the polymer network. To capture the dramatic
variation in the diffusivity at the hydration front, we model the diffusivity 𝐷 as a step function of
the swelling ratio 𝜆 , where a critical swelling ratio 𝜆5 corresponds to the critical water
concentration 𝐶5 for hydrating the dry polymer network (96, 97, 99) (Fig. 3-4b). For a swelling
ratio greater than 𝜆5 , i.e., in the hydrated part, the diffusivity takes a value 𝐷& , the same as the
diffusivity in a swollen polymer network. For a swelling ratio lower than 𝜆5 , i.e., in the dry part,
the diffusivity takes a much lower value of 𝐷% (𝐷& ≫ 𝐷% ≈ 0) (Figs. 3-4b,c,e).
Before developing a kinetics model for a polymer network with a finite thickness, we first
consider the polymer network as a semi-infinite medium (Fig. 3-4a). For the hydrated part, by
substituting Eqs. (3.9) and (2.12) − (3.13) into the Fick’s second law, i.e., 𝜕𝐶/𝜕𝑡 = −𝜕𝐽/𝜕𝑋, the
evolution of the swelling ratio 𝜆 at each point of the hydrated part is given by (103)
𝜕𝜆
𝜕
𝜕𝜆
= 𝐷&
]𝜉(𝜆) a
𝜕𝑡
𝜕𝑋
𝜕𝑋

(3.14)

(𝜆 − 1)(𝜆% + 1)
1 2𝜒(𝜆 − 1)
𝜉(𝜆) = 8 −
+ 𝑁𝜐
𝜆
𝜆9
𝜆8

(3.15)

where

Note that Eqs. ((3.14) – ((3.15) take the same form for the constrained swelling of polymeric gels
(103, 117). Because the surface in contact with water is in the equilibrium swollen state, and the
hydration front corresponds to the critical swelling ratio 𝜆5 , the boundary conditions for Eq. ((3.14)
are expressed as
𝜆(𝑋 = 0, 𝑡 ≥ 0) = 𝜆0
𝜆(𝑋 = 𝑋5 , 𝑡 ≥ 0) = 𝜆5
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(3.16)

The kinetics in the dry part is subject to the same rule as the hydrated part, with a negligibly
low diffusivity of 𝐷% . Thus, the evolution equation for 𝜆 in the dry part reads as
𝜕𝜆
𝜕
𝜕𝜆
= 𝐷%
]𝜉: (𝜆) a
𝜕𝑡
𝜕𝑋
𝜕𝑋

(3.17)

where
𝜉: (𝜆) =

(𝜆 − 1)(𝜆% + 1)
1 2𝜒: (𝜆 − 1)
−
+
𝑁
𝜐
:
𝜆8
𝜆9
𝜆8

(3.18)

with 𝑁: and 𝜒: being the effective chain density and Flory solvent-polymer interaction parameter
of the dry polymer network, respectively. As 𝐷% → 0 , 𝜉: (𝜆) = 1 in Eq. ((3.17) due to the
negligible swelling in the dry polymer. To solve Eq. ((3.17), the critical swelling ratio at the
hydration front and the non-swelling behavior at infinity require
𝜆(𝑋 = 𝑋5 , 𝑡 ≥ 0) = 𝜆5
𝜆(𝑋 = +∞, 𝑡 ≥ 0) = 1

(3.19)

Additionally, the flux of water holds constant at the hydration front on both sides, namely

𝐷&

𝜕𝜆
𝜕𝜆
m
= 𝐷% m
𝜕𝑋 ;→;! "
𝜕𝑋 ;→;! #

(3.20)

Assuming 𝜒 and 𝑁 are material constants for the given polymer network, 𝜆 can be
expressed as a function of a series of variables from Eqs. ((3.14) – ((3.20):
𝜆 = 𝐹(𝑡, 𝑋, 𝐷& , 𝐷% , 𝑋5 )

(3.21)

Note that 𝜆5 , an intrinsic physical parameter of the model, is not included in Eq. ((3.21) for later
algebraic convenience, because 𝜆5 can be determined from other variables in the function 𝐹. We
can obtain a dimensionless form for Eq. ((3.21) based on the Buckingham π theorem (118):
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𝑋 𝑋5% 𝑋5%
𝜆 = 𝐹& o ,
,
p
𝑋5 𝐷& 𝑡 𝐷% 𝑡

(3.22)

We further introduce a hydration coefficient 𝑘5 = 𝑋5 /𝑡 &/% , which characterizes the advancing
speed of the hydration front within the polymer network. Thus, Eq. ((3.22) is equivalent to

𝜆 = 𝐹& o𝑋q,

𝑘5% 𝑘5%
, p
𝐷& 𝐷%

(3.23)

with dimensionless coordinate 𝑋q = 𝑋/𝑋5 = 𝑋/:𝑘5 𝑡 &/% = . Given that 𝑘5% ⁄𝐷& and 𝑘5% ⁄𝐷% are
known material parameters, Eq. ((3.23) implies that 𝜆 is solely a function of 𝑋q, i.e., 𝜆 = 𝜆(𝑋q).
Since 𝑋 and 𝑡 merge into a single parameter 𝑋q, 𝜆(𝑋q) has a self-similar solution for the problem.
By applying the chain rule, we transform the governing equation for the hydrated part, Eq.
((3.14), into a dimensionless form:
1 𝑑𝜆 𝐷& 𝑑
𝑑𝜆
− 𝑋q
= %
^𝜉(𝜆) _
2 𝑑𝑋q 𝑘5 𝑑𝑋q
𝑑𝑋q

(3.24)

Eq. (3.24) is rearranged to be a nonlinear second-order ordinary differential equation
𝑑% 𝜆
𝑑𝜆 %
𝑘5% 𝑑𝜆
+
𝑓(𝜆)
^
_
+
𝑔(𝜆)
𝑋q
=0
𝐷& 𝑑𝑋q
𝑑𝑋q %
𝑑𝑋q

(3.25)

where 𝑓(𝜆) = 𝜉′(𝜆)/𝜉(𝜆) and 𝑔(𝜆) = 1/[2𝜉(𝜆)] . The boundary conditions in Eq. ((3.16) are
equivalent to
𝜆(𝑋q = 0) = 𝜆0
𝜆(𝑋q = 1) = 𝜆5
Similarly, in the dry part, the dimensionless evolution equation for 𝜆 reads:
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(3.26)

𝑑% 𝜆
𝑑𝜆 %
𝑘5% 𝑑𝜆
+
𝑓(𝜆)
^
_
+
𝑔(𝜆)
𝑋q
=0
𝐷% 𝑑𝑋q
𝑑𝑋q %
𝑑𝑋q

(3.27)

𝜆(𝑋q = 1) = 𝜆5
𝜆(𝑋q = +∞) = 1

(3.28)

with boundary conditions

Eq. (3.20) is equivalent to

𝐷&

𝜕𝜆
𝜕𝜆
m
= 𝐷% m
𝜕𝑋q ;>→&"
𝜕𝑋q ;>→&#

(3.29)

Although the above derivations are under the assumption of an infinite thickness 𝐻 for the polymer
network, they are also applicable for a finite thickness 𝐻 if 𝐷% → 0. Since 𝐷% → 0, the swelling
ratio reduces sharply from 𝜆5 to 1 at the hydration front. Therefore, the entire dry part has a
constant swelling ratio of 1, regardless of the value of 𝐻.
Notably, in addition to the step function, there can be other forms of functions for the
relation between 𝐷 and 𝐶 (or 𝜆). For example, 𝐷 = 𝐷& ⁄(1 − 𝛼𝐶/𝐶0 ) and 𝐷 = 𝐷& exp (𝛽𝐶),
where 𝛼 and 𝛽 are constants (Crank, 1979). Eventually, these functions should give the same set
of kinetic parameters: the diffusivity in the swollen polymer network 𝐷& and hydration coefficient
𝑘5 , both of which can be experimentally measured.
For a general problem on the hydration and swelling of a polymer, 𝑁 and 𝜒 are usually
given as the measurable thermodynamic parameters of the polymer, and 𝐷& and 𝑘5 as the
measurable kinetic parameters of the polymer. 𝐷% is usually set to be much lower than 𝐷& by
several orders of magnitude. The intrinsic physical parameter 𝜆5 (or 𝐶5 ) can be numerically
determined with the measured 𝐷& and 𝑘5 . The kinetics of the hydration and swelling can be solved
as follows:
When 𝑡 < x𝐻/𝑘5 , the polymer network undergoes the coupled hydration and swelling
process (Fig. 3-3b). The critical swelling ratio 𝜆5 and the distribution of swelling ratio 𝜆(𝑋q) can
be obtained by solving Eqs. (3.25) − (3.29). Due to the complexity of 𝑓(𝜆) and 𝑔(𝜆), we can
numerically solve the problem with an infinitesimal but nonzero 𝐷% . Furthermore, to bypass the
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difficulty of having a boundary condition at infinity for Eq. (3.28), a coordinate transformation
𝑌q = 1/𝑋q can be performed to reformulate Eqs. (3.27) − (3.29) on the interval of [0,1].
When 𝑡 > x𝐻/𝑘5 , the polymer network undergoes the pure swelling process (Fig. 3-3c).
The diffusivity in the fully hydrated polymer network is taken to be the same as the diffusivity in
the hydrated part during the coupled hydration-swelling process. Thus, the kinetics of water
transportation in the polymer network is governed by Eqs. (3.14) − (3.15). We set the equilibrium
boundary condition for the top surface of the polymer network,
𝜆:𝑋 = 0, 𝑡 > x𝐻/𝑘5 = = 𝜆0

(3.30)

For the surface bonded to the rigid substrate, the zero-flux boundary condition requires that
𝜕𝜆
m
=0
𝜕𝑋 ;?@,BCD@/E!

(3.31)

Additionally, the initial condition for the pure swelling stage is obtained from the solution of Eq.
(3.25) at 𝑡 = x𝐻/𝑘5 . The evolution of 𝜆 during the pure swelling stage can be numerically solved
based on the finite difference method (103).

3.3. Asymptotic solutions for limiting cases
As discussed above, water transportation in the dry polymer network shows two competing
phenomena, namely hydration and swelling. The speed of hydration and swelling are characterized
by the hydration coefficient 𝑘5 and diffusivity 𝐷& , respectively. Here, we employ the
dimensionless parameter 𝑘5% /𝐷& to quantify the relative importance of hydration over diffusion.
As 𝑘5% /𝐷& varies from zero to infinity, the water transportation behavior in the polymer network
will vary correspondingly. In this section, we discuss on two limiting cases, i.e., 𝑘5% /𝐷& → ∞ and
𝑘5% /𝐷& → 0. For each case, we will show the asymptotic results on how the thickness of the
polymer network increases over time.
For the limiting case of an infinite hydration speed, i.e., 𝑘5% /𝐷& → ∞ , Fig. 3-5a
schematically illustrates the hydration and swelling of a dry polymer network with thickness 𝐻.
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Due to the infinite hydration speed, the polymer network hydrates instantaneously in contact with
water, and thereafter the kinetics is governed by pure swelling. At 𝑡 = 0F , the polymer network
becomes fully hydrated, yet the thickness remains to be 𝐻. Subsequently, water continuously
migrates through the top surface and the polymer network swells in the same manner as a wet
hydrogel film. Fig. 3-5b shows the increase in the normalized thickness of the polymer network
&/%

ℎ/𝐻 as a function of the dimensionless square root of time 𝑡 &/% 𝐷& /𝐻. At the beginning of the
pure swelling stage, the increase in the thickness ∆ℎ has a linear relation with 𝑡 &/% according to a
self-similar solution (103, 108):
ℎ
2
x𝑡𝐷&
(𝜆0 − 1)
=
+1
𝐻 √𝜋
𝐻

(3.32)

which corresponds to the oblique dashed line in Fig. 3-5b. Additionally, the normalized thickness
of the polymer network is bounded by the equilibrium swelling ratio 𝜆0 .

Figure 3-5 | A limiting case of an infinite hydration speed. a. Schematic illustrations for the swelling of
a dry polymer network with an infinite hydration coefficient 𝑘# (𝑘#& /𝐷% → ∞). The dry polymer network
with thickness 𝐻 is bonded to a rigid substrate. At the instant of the introduction of water, the polymer
network becomes fully hydrated with no change in the thickness. Then, the polymer network undergoes the
pure swelling stage and reaches a thickness of 𝐻𝜆$ at the equilibrium swollen state. b. The normalized
%/&

thickness of the polymer network ℎ/𝐻 as a function of the dimensionless square root of time 𝑡 %/& 𝐷% /𝐻
%/&

for 𝑘#& /𝐷% → ∞. The dashed line at 𝑡 %/& 𝐷% /𝐻 = 0 corresponds to an asymptotic self-similar solution at
short time. The horizontal dashed line corresponds to the equilibrium swollen state of the polymer network.
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The calculation is based on physical parameter values include 𝑁 = 4.27 × 10&( m)* , 𝜒 = 0.41, 𝑇 =
293 𝐾, 𝜐 = 3.0 × 10)&+ m* , and 𝜆$ = 9.95 (89).

The second limiting case corresponds to an infinitesimal hydration speed, i.e., 𝑘5% /𝐷& → 0. Under
this condition, the polymer network only undergoes the coupled hydration and swelling process.
As illustrated in Fig. 3-6a, as the hydration front advances towards the substrate, the hydrated part
always reaches the equilibrium swollen state. We can quantitatively understand this phenomenon
by inserting 𝑘5 = 0 into Eq. (3.25)
𝑑% 𝜆
𝑑𝜆 %
+
𝑓(𝜆)
^
_ =0
𝑑𝑋q %
𝑑𝑋q

(3.33)

Eq. (3.33) can be solved with the boundary conditions in Eq. (3.26), which yields 𝜆(0 < 𝑋q < 1) =
𝜆5 = 𝜆0 . Thus, the hydrated part keeps in the equilibrium swollen state due to the extremely slow
hydration process. Also, the normalized thickness of the polymer network ℎ/𝐻 follows a linear
relation with the dimensionless square root of time 𝑡 &/% 𝑘5 /𝐻, namely
ℎ(𝑡)
𝑘5 &
= (𝜆0 − 1) 𝑡 % + 1
𝐻
𝐻

(3.34)

with a slope of (𝜆0 − 1) (Fig. 3-6b).

Figure 3-6 | A limiting case of an infinitesimal hydration speed, in which the kinetics of water
transportation is governed by coupled hydration and swelling. a. Schematic illustrations for the
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swelling of a dry polymer network with an infinitesimal hydration coefficient 𝑘# (𝑘#& /𝐷% → 0). After the
introduction of water, the polymer network undergoes the coupled hydration and swelling process until
reaching the equilibrium swollen state with a thickness of 𝐻𝜆$ . b. The normalized thickness of the polymer
network ℎ/𝐻 as a function of the dimensionless square root of time 𝑡 %/& 𝑘# /𝐻 for 𝑘#& /𝐷% → 0, where 𝜆$ =
9.95.

Figure 3-7 | Numerical results for coupled hydration and swelling. a. Normalized thickness of the
polymer network ℎ/𝐻 as a function of 𝑡 %/& for arbitrary 0 < 𝑘#& /𝐷% < ∞. The vertical dashed line denotes
the transition from the coupled hydration and swelling stage to the pure swelling stage. (ℎ/𝐻 − 1) is
proportional to 𝑡 %/& in the coupled hydration and swelling stage. b. The normalized thickness of the
%/&

polymer network ℎ/𝐻 as a function of the dimensionless square root of time 𝑡 %/& 𝐷% /𝐻 for varying
𝑘#& /𝐷% . The vertical dashed line denotes the transition from the coupled hydration and swelling stage to the
pure swelling stage.

3.4. Numerical results for general situations
In Section 3, we discussed two limiting cases, in which either hydration or pure swelling dominates
the kinetics. However, the dimensionless quantity 𝑘5% ⁄𝐷& generally lies between zero and infinity
for common dry polymer networks. Thus, both the coupled hydration and swelling stage and the
pure swelling stage exist.
In the coupled hydration and swelling stage, the current thickness of the polymer ℎ(𝑡) can
be expressed as
&

&

&

&

&

ℎ(𝑡) = o3 𝜆(𝑋q)𝑑𝑋q p 𝑘5 𝑡 % + ^𝐻 − 𝑘5 𝑡 % _ = o3 𝜆(𝑋q)𝑑𝑋q − 1p 𝑘5 𝑡 % + 𝐻
!

!
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(3.35)

&
where the term ∫! 𝜆(𝑋q )𝑑𝑋q gives the average swelling ratio in the hydrated part. Because
&
∫! 𝜆(𝑋q)𝑑𝑋q does not depend on time, the current thickness has a linear relation with 𝑡 &/% in the

coupled hydration and swelling stage (Fig. 7a). After the polymer network becomes fully hydrated
at 𝑡 = x𝐻/𝑘5 , the current thickness ℎ(𝑡) in the pure swelling stage can be expressed as
@

ℎ(𝑡) = 3 𝜆(𝑋, 𝑡)𝑑𝑋

(3.36)

!

which can be evaluated by numerically solving Eqs. (3.14) − (3.15) and (3.30) – (3.31). Fig. 3-7b
shows the normalized thickness of the polymer network ℎ/𝐻 as a function of the dimensionless
&/%

square root of time 𝑡 &/% 𝐷& /𝐻 for 𝑘5% ⁄𝐷& = 10+% , 10+( , and 10+8 . The limiting condition
𝑘5% ⁄𝐷& = ∞ is also shown in Fig. 3-7b for comparison.
The influence of 𝑘5% ⁄𝐷& on the overall kinetics can be analyzed by comparing the curves
in Fig. 3-7. As 𝑘5% ⁄𝐷& decreases, on one hand, it requires a longer time for the hydration process
to finish; on the other hand, the transiting point to pure swelling corresponds to a greater thickness
ℎ of the polymer network. This phenomenon can be explained as the following: If the thickness 𝐻
of the polymer network is held constant, a lower 𝑘5 corresponds to a greater transiting time x𝐻/𝑘5 .
Consequently, more water can diffuse into the polymer network and lead to a higher swelling ratio.
Moreover, lower hydration speed induces a reduction in the swelling speed of the polymer network,
which is especially the case for a very low hydration coefficient (e.g., 𝑘5% ⁄𝐷& = 10+8 in Fig. 37b).

3.5. Experimental validation of the theory
In this section, we experimentally verify the theoretical model developed in Section 2. A dry
chitosan-based polymer network is chosen as the model polymer network. To make numerical
predictions for the hydration and swelling of the polymer network, a model requires the
thermodynamic parameters 𝑁, 𝜒 and the kinetic parameters 𝐷& , 𝑘5 of the polymer. Given the
above parameters, the increase in the thickness of the polymer network over time is numerically
calculated, which is further compared with the experimental results for the swelling of the dry
polymer network.
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The thermodynamic parameters 𝑁 and 𝜒 were measured previously (89). Herein, we
recapitulate the methods employed. To determine 𝑁, the shear modulus 𝐺! is measured for the asprepared polymer network as a hydrogel, and then, 𝑁 is calculated from (103)

𝐺! =

1
𝑁𝑘3 𝑇
𝜆!

(3.37)

where 𝜆! is the swelling ratio of the as-prepared polymer network.
Next, a free-swelling experiment for the as-prepared polymer network was carried out to
determine 𝜒 (89). During the free-swelling experiment, the polymer network reached an
unconstrained equilibrium swelling ratio 𝜆0 in all dimensions. Once 𝜆0 is measured, 𝜒 can be
calculated based on the expression for the Cauchy stress in the unconstrained swelling process
(103)

+(
𝜎 = 𝑁𝑘3 𝑇(𝜆+&
0 − 𝜆0 ) +

𝑘3 𝑇
+(
+G
[ln(1 − 𝜆+(
0 ) + 𝜆0 + 𝜒𝜆0 ]
𝜈

(3.38)

where 𝜎 = 0 in the equilibrium swollen state. With 𝜒 measured, the equilibrium swelling ratio 𝜆0
for the constrained swelling experiment can be further predicted based on Eq. (3.10). The physical
parameters for the chitosan-based polymer network were calculated to be 𝑁 = 4.27 × 10%8 m+( ,
𝜒 = 0.41 (89), which give 𝜆0 = 9.95.
To measure the diffusivity 𝐷& , we carry out swelling experiments for an as-prepared fully
hydrated polymer network that is bonded to a solid substrate. Because the as-prepared polymer
network has a stretching ratio of 𝜆! in all dimensions relative to the reference state, its initial
thickness is 𝐻𝜆! (Fig. 3-8a). At time 𝑡 = 0, the polymer network is soaked into a water bath and
undergoes the constrained swelling process. The thickness of the polymer network ℎ(𝑡) is
recorded as a function of time. Given the thermodynamic parameters of the polymer network, we
can also numerically solve the variation in ℎ over time by assuming a specific value for the
diffusivity 𝐷& . By comparison between the experimental and numerical results, a fitted diffusivity
of 5.15 × 10H m2 s-1 is obtained for the chitosan-based polymer network (Fig. 3-8a).
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Figure 3-8 | Experimental validation of the coupled hydration and swelling model by using chitosanbased polymer networks. a. Measurement of the diffusivity 𝐷% for an as-prepared polymer network. The
as-prepared polymer network is bonded to a solid substrate with an initial thickness of 𝐻𝜆, . At 𝑡 = 0, it
starts to undergo the constrained swelling process. The normalized thickness of the polymer network,
ℎ/𝐻𝜆, , is plotted as a function of the square root of time, from which a fitted diffusivity of 5.15 × 10)+
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m2 s-1 can be obtained. b. Measurement of the hydration coefficient 𝑘# for the dry polymer network. As the
hydration indicator, a layer of dry fluorescein is applied to the bottom surface of a dry polymer network
with a thickness of 𝐻. At 𝑡 = 0, water is introduced to the top surface of the polymer network. At 𝑡 = 𝑡- ,
water penetrates through the polymer network and activates the fluorescein. Based on this experiment, a
fitted hydration coefficient 𝑘# of 9.31 × 10). m s-1/2 is obtained. c. Experimental validation of the coupled
hydration and constrained swelling model. A dry polymer network with a thickness of 𝐻 is bonded to a
rigid substrate. At 𝑡 = 0, the polymer network starts to undergo the coupled hydration and swelling stage,
which is followed by the pure swelling stage. The normalized thickness of the polymer network, ℎ/𝐻, is
plotted as a function of the square root of time for both experimental and numerical results. The dry polymer
network has an initial thickness of 400 μm.

For the measurement of the hydration coefficient 𝑘5 , we recall that the position of the
hydration front is linearly related to the square root of time, i.e., 𝑋5 = 𝑘5 𝑡 &/% . Consequently, we
can measure the time 𝑡I required for the hydration front to penetrate through dry polymer networks
&/%

with varying thicknesses, and then fit 𝑘5 based on the relation 𝐻 = 𝑘5 𝑡I . The experimental
design is illustrated in Fig. 3-8b. A layer of dry fluorescein is introduced to the bottom surface of
a dry polymer network (with a thickness of 𝐻) as the hydration indicator. At time 𝑡 = 0, water is
introduced to the top surface of the polymer network, and the hydration front starts to advance
through the polymer network. When the dry polymer network becomes fully hydrated, the
fluorescein layer at the bottom surface also starts to be hydrated. The penetration time 𝑡I is
recorded once the green fluorescence appears. By repeating the experiments for dry polymer
networks with varying thicknesses, a fitted hydration coefficient 𝑘5 of 9.31 × 10+G m s-1/2 is
obtained for the chitosan-based polymer networks.
After measuring the diffusivity 𝐷& and the hydration coefficient 𝑘5 , the last step is to
validate the theoretical model developed in Section 2. As shown in Fig. 3-8c, we bond a dry
polymer network to a rigid substrate and measure the variation of thickness ℎ over time after
soaking it into a water bath. The experimentally measured and numerically predicted thicknesses
of the polymer network are plotted as functions of the square root of time in Fig. 3-8c. In addition,
the boundary between the coupled hydration and swelling stage and the pure swelling stage can be
identified in the plot. With independently measured physical parameters such as 𝑘5 and 𝐷& , it is
clear that our theoretical model can provide relatively accurate predictions for the swelling of a
dry polymer network in contact with water. Consequently, we can further employ the theoretical
model to quantitatively understand the drying of interfacial water by dry polymer networks.

61

3.6. Discussion
3.6.1. Guideline for the design of dry adhesives for wet adhesion
With the quantitative understanding of the hydration and swelling kinetics of dry polymer
networks, we can further establish a guideline for the design of dry adhesives that can achieve
rapid and strong wet adhesion. The guideline includes an optimized capability to remove
interfacial water within a certain amount of time and the tough stable bonding of polymer networks
to wet surfaces.
Rapid removal of interfacial water can be achieved by tuning physical and geometric
parameter values for the dry polymer networks, including diffusivity 𝐷& , hydration coefficient 𝑘5 ,
equilibrium swelling ratio 𝜆0 , and the thickness of the dry polymer network 𝐻. Additionally, the
time for the removal of interfacial water also depends on the thickness of interfacial water 𝐻JKLMN ,
and thus
𝑡JKLMN = 𝑡(𝐷& , 𝑘5 , 𝜆0 , 𝐻, 𝐻JKLMN )

(3.39)

where 𝑡JKLMN is the amount of time for the absorption of interfacial water. To achieve a shorter
𝑡JKLMN , higher values of 𝑘5 and 𝐷& are preferred, as they imply a higher speed of water
transportation within the polymer networks. A higher value of 𝜆0 implies the dry polymer network
is capable of removing a higher amount of interfacial water. Furthermore, a higher dry thickness
𝐻 is preferable for both absorbing more water and drying more rapidly.
To achieve fast adhesion of the polymer networks on the substrate, we can introduce
reversible bonds such as hydrogen bonds and electrostatic interactions with the substrate, which
take effect upon removal of the interfacial water. Then the time for adhesion formation is equal to
𝑡JKLMN (89). For stable adhesion over the long term, we need more stable linkages between the
adhesive and the substrate than the reversible bonds. These stable linkages are usually achieved
by chemical crosslinking of the polymer networks on the substrate, which occurs simultaneously
with or shortly after the reversible bonds (85, 89). Overall, the reversible bonds and chemical
crosslinking of the polymer network on the substrate give the intrinsic interfacial toughness 𝛤! .
To achieve tough adhesion, the adhesive should be composed of tough and dissipative
polymer networks. Thus, as the adhesive is detached from the substrate, a significant amount of
mechanical energy can be dissipated due to the large deformation of polymer networks, which is
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quantified as the contribution of the bulk dissipation to the interfacial toughness 𝛤O (85, 119). High
values of 𝛤! and 𝛤O give rise to a high interfacial toughness of adhesion 𝛤, namely
𝛤 = 𝛤! (𝑡 > 𝑡JKLMN ) + 𝛤O

(3.40)

in which 𝑡 > 𝑡JKLMN indicates that the formation of the adhesion at least takes the time of 𝑡JKLMN .
3.6.2. Adhesion time for the diffusion-based and dry-crosslinking mechanisms
The diffusion-based mechanism relies on the diffusion of adhesive molecules across the interfacial
water layer to form wet adhesion. The diffusivity of the adhesive molecules in the form of
polymers chains can be expressed as (120)
𝐷2QR
𝑛
𝐷2QR
𝐷S = T
𝑛

𝐷P =

(3.41)
(3.42)

where 𝐷P and 𝐷S are the diffusivities of the adhesive polymer chains in water according to the
Rouse and Zimm models (86, 87), respectively, 𝐷2QR is the diffusivity of a Kuhn monomer on the
polymer chain, 𝑛 is the number of Kuhn monomers per polymer chain, and 𝑣 is the scaling
exponent for the polymer size. The concentration of the adhesive polymer chains in the interfacial
water layer determines which model the diffusion of the polymer chains will follow. A semi-dilute
solution of the adhesive polymer chains will follow the Rouse model, and a dilute solution will
follow the Zimm model (120). The value of 𝑛 can range from hundreds to millions for common
polymers, and the value of 𝑣 is 0.5 for ideal polymer chains (i.e., polymer chains in theta solvent)
(120).
Therefore, the time for an adhesive polymer chain to diffuse across the interfacial water
layer can be expressed as
𝑡P = 𝑡2QR 𝑛

(3.43)

𝑡S = 𝑡2QR 𝑛T

(3.44)
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where 𝑡P and 𝑡S are the diffusion time according to the Rouse and Zimm models (86, 87),
respectively, and 𝑡2QR is the diffusion time for the corresponding Kuhn monomer.
Since the diffusivity of water in hydrated polymer networks 𝐷& and the diffusivity of Kuhn
monomers in water 𝐷2QR are on the same order, the absorption time of water 𝑡JKLMN (given the
relatively fast hydration condition) and the diffusion time of Kuhn monomers 𝑡2QR should be on
the same order. Therefore, the diffusion time of adhesive polymer chains in the diffusion-based
mechanism 𝑡P or 𝑡S can be 𝑛 or 𝑛T times of the absorption time of water 𝑡JKLMN in the drycrosslinking mechanism according to the Rouse or Zimm model, respectively.

3.7. Concluding remarks
Interfacial water poses a challenge for the formation of fast and robust adhesion between wet
surfaces. To eliminate the separation effect of the interfacial water, the dry-crosslinking
mechanism has been proposed to dry the interfacial water for rapid and strong wet adhesion.
However, the kinetics of drying interfacial water in the dry-crosslinking mechanism have not been
quantitatively explained. In this work, we develop a theoretical model to understand the physics
and mechanics of hydration and swelling of dry polymer networks for drying interfacial water.
The drying process contains two stages, namely a coupled hydration and swelling stage and a pure
swelling stage. An advancing hydration front divides the polymer network into a hydrated swelling
part and a dry part during the coupled hydration and swelling stage. Our one-dimensional
theoretical model can quantify the hydration and swelling processes of dry polymer networks. A
dimensionless quantity 𝑘5% ⁄𝐷& characterizes the ratio of hydration and swelling speeds.
Correspondingly, the hydration and swelling kinetics vary significantly as 𝑘5% ⁄𝐷& varies from zero
to infinity. A set of hydration and swelling experiments are performed with dry chitosan-based
polymer networks, which agree well with theoretical predictions for the swelling profile, validating
the effectiveness of our theoretical model. Our theoretical model can facilitate the rationallyguided design of dry adhesives for wet adhesion. In addition, this work provides a foundation for
further studies on the coupled hydration and inhomogeneous swelling behaviors of dry polymeric
materials with more general form factors and applications.

3.8. Materials and Methods
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For the polyacrylic acid-chitosan double-network hydrogel, acrylic acid (Sigma-Aldrich) and
chitosan (Sigma-Aldrich) were used. Gelatin methacryloyl (GelMA, Sigma-Aldrich) was used as
the crosslinker and α-ketoglutaric acid (Sigma-Aldrich) was used as the photo-initiator. NSuccinimidyl acrylate (Sigma-Aldrich) was used to couple the polymer network with the
adherends.
The chitosan-based polymer network was prepared based on the previously reported
protocol (89). Dissolve 30 w/w % acrylic acid, 2 w/w % chitosan, 0.1 w/w % gelatin methacryloyl,
1 w/w % N-Succinimidyl acrylate, and 0.5 w/w % α-ketoglutaric acid in deionized water. The
solution is poured into a glass mold and then cured in an ultraviolet (UV) chamber (284 nm, 10 W
power) for 60 min. The as-prepared polymer network is then hanged in a fume hood to guarantee
isotropic drying in all dimensions. Finally, the dry polymer network is bonded to a rigid acrylic
substrate by using cyanoacrylate glue (Krazy GlueTM) for constrained swelling tests.
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Chapter 4
Foulant-resistant wet adhesion by repel-crosslinking mechanism
4.1. Introduction
Tissue and organ-related hemorrhage can be life-threatening and are challenging to treat due to
their highly time-sensitive and possibly complex nature (121). For example, uncontrolled
hemorrhages is one of the major causes of mortality in the world, accounting for over two million
deaths annually (122, 123). Existing topical hemostatic agents mostly aim to augment and
accelerate intrinsic blood coagulation to achieve hemostasis (78, 124-129). This is either achieved
by coagulation factor concentration by rapid water absorption or local procoagulant delivery (123,
128). However, hemostasis through blood coagulation cannot yield immediate hemorrhage control
due to the inherently gradual nature of blood clot formation (128). Furthermore, rapid or
pressurized blood flow through a wound bed can wash out any forming blood clot, potentially
limiting the efficacy and duration of hemostasis. Furthermore, coagulation-dependent hemostasis
mechanisms are less effective in anticoagulated or coagulopathic patients (130).
In contrast, adhesive sealing of bleeding tissues offers a promising alternative to blood
coagulation for hemostasis (78, 124-127), but existing tissue adhesives display several substantial
limitations. Commercially-available tissue adhesives provide only weak and/or slow adhesion
formation with tissue surfaces covered by blood (128, 131, 132). Whilst a few blood-resistant
tissue adhesives with improved adhesion performance have been developed, the need for
ultraviolet (UV) irradiation (131-133) and/or prolonged steady pressure application (e.g., over 3
min) (134) to form adhesion substantially limits their utility for clinical applications.
In nature, marine invertebrates such as barnacles (135-138), mussels (74, 139, 140), and
sandcastle worms (141) show a remarkable capability of forming strong adhesion on wet and
contaminated surfaces. In particular, barnacles can strongly adhere to a broad range of underwater
surfaces, ranging from man-made structures to animal skins (Fig. 4-1a) (136, 142). Glues of
barnacles are known to consist of two major components: a lipid-rich matrix and adhesive proteins
which synergistically offer strong adhesion on wet and contaminated surfaces (Fig. 4-1b,c) (135,
142, 143). The lipid-rich matrix of the barnacle glues first cleans the underlying substrate by
repelling water and contaminants (Fig. 4-1b), and subsequently the adhesive proteins crosslink
with the substrate to form stable and strong adhesion (Fig. 4-1c) (142, 143). Whilst the adhesive
66

proteins of the barnacle glues have been investigated and synthesized to develop underwater and
tissue adhesives (74, 144, 145), the aforementioned mechanism – based on the synergistic interplay
between the lipid-rich matrix and adhesive proteins in the barnacle glues – has remained
unexplored for tissue adhesives.

Figure 4-1 | Design and mechanism of the barnacle-inspired paste. a. Barnacles adhered to the skin of
a whale. The photo is credited to Aleria Jensen, the U.S. National Oceanic and Atmospheric Administration
(NOAA). b,c, Composition and adhesion mechanism of the barnacle glue on substrates covered with water
and contaminants. A lipid-rich matrix in the barnacle glue cleans the substrate by repelling water and
contaminants (b) while the adhesive proteins can crosslink and form robust adhesion on the cleaned
substrate (c). d-f, Design of a barnacle-inspired paste consisting of bioadhesive microparticles and a
hydrophobic oil matrix (d). Repel-crosslinking mechanism of the barnacle-inspired paste integrates
repelling of blood (e) and subsequent formation of hemostatic sealing by crosslinking (f). g-i, Photographs
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of the barnacle-inspired paste injected on blood-covered porcine aorta (g), pressed with a gelatin-coated
glass substrate (i), and formed hemostatic tissue sealing (i), corresponding to each panel in (d-f).

In this Chapter, we propose a new strategy to achieve foulant-resistant adhesion on
wet tissues by a repel-crosslinking mechanism that cleans the foulants on wet surfaces. The
repel-crosslinking mechanism is implemented in the form of injectable paste consisting of a
hydrophobic oil matrix and bioadhesive microparticles (Fig. 4-1d,g), which take on similar
functional roles as the lipid-rich matrix and the adhesive proteins in barnacle glues, respectively
(details on the barnacle-inspired paste are covered in Chapter 6). Upon application of gentle
pressure (e.g., 10 kPa), the hydrophobic oil matrix repels the blood allowing the compacted
bioadhesive microparticles to interact with one another and with the tissue surface underneath (Fig.
4-1e,h). Subsequently, the compacted bioadhesive microparticles crosslink with one other and
with the tissue surface to form robust adhesion within 5 s without the need for additional adjuncts
such as UV irradiation or coagulation of blood (Figs. 4-1f,i and Fig. 4-2).

Figure 4-2 | Schematic illustration for overall process of instant hemostatic tissue sealing by the
barnacle-inspired paste. (Step 1 and 2) The barnacle-inspired paste can be applied directly on bleeding
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injury without any other preparation process; (Step 3 and 4) Upon application of gentle pressure, the silicone
oil matrix in the barnacle-inspired paste repels and clean blood from the bleeding injury; (Step 5 and 6)
Simultaneously, the carboxylic acid groups in the bioadhesive microparticles form temporary physical
crosslinks by hydrogen bonds, followed by the covalent crosslinking between the NHS ester groups and the
primary amine groups with themselves and the tissue surfaces; (Step 7) the swollen and crosslinked
barnacle-inspired paste provides robust hemostatic tissue sealing.

4.2. Repel-crosslinking mechanism
4.2.1. Design and implementation of repel-crosslinking mechanism
To implement the proposed design of the barnacle-inspired paste, we first prepare the bioadhesive
microparticles by cryogenically grinding a dry bioadhesive sheet (Fig. 4-3) (146). The resultant
bioadhesive microparticles are composed of crosslinked networks of poly(acrylic acid) grafted
with N-hydroxysuccinimide ester (PAA-NHS ester) and chitosan, which provide bioadhesiveness
and robust mechanical properties, respectively (146). The barnacle-inspired paste is then prepared
by thoroughly mixing the bioadhesive microparticles with a biocompatible hydrophobic matrix
such as silicone oil and essential oil to form a stable paste (147-149).

Figure 4-3 | Preparation of the barnacle-inspired paste. (1) Dry bioadhesive cut into small pieces; (2)
Dry bioadhesive in stainless steel grinder container and balls; (3) Cryogenic grinding of dry bioadhesive;
(4) Bioadhesive microparticle after the cryogenic grinding; (5) the barnacle-inspired paste after mixing the
bioadhesive microparticle with the silicone oil matrix.

Notably, the average size of the bioadhesive microparticles can be controlled by the
cryogenic grinding conditions. When keeping the grinding time constant at 2 minutes and changing
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the grinding frequency ranging from 10 Hz to 30 Hz, we find that a higher grinding frequency
results in a smaller average size of bioadhesive microparticles (~ 200 µm at 10 Hz and ~ 10 µm at
30 Hz). Since the smaller bioadhesive microparticles result in better injectability of the barnacleinspired paste and its ability to conform complex geometry of bleeding tissues, we choose the
grinding frequency of 30 Hz in this Chapter. Furthermore, the rheological property of the barnacleinspired paste can be tuned by controlling the ratio between the bioadhesive microparticles and the
hydrophobic oil matrix (150). By increasing the volume fraction 𝜙 of the bioadhesive
microparticles, the barnacle-inspired paste exhibits a transition from a viscous fluid (𝜙 < 0.3) to a
stable thixotropic paste (𝜙 > 0.4) (Fig. 4-4). An injectable thixotropic paste is more favorable than
an easily flowing viscous liquid to provide more reproducible and stable application of the
barnacle-inspired paste to the bleeding target injury. Hence, we choose a relatively high-volume
fraction of the bioadhesive microparticles (𝜙 = 0.4) in this Chapter.

Figure 4-4 | Rheological transition of the barnacle-inspired paste. a-d, Images of the barnacle-inspired
paste with the mass ratio between the bioadhesive microparticles and the silicone oil matrix at 1:3 (a), 1:2
(b), 1:1 (c), and 1:0.5 (d). e, Image of the barnacle-inspired paste with varying mixing ratio injected on a
vertical substrate to visualize rheological property.

To investigate the influence of the hydrophobic oil matrix and the bioadhesive
microparticles on hemostatic sealing, we measure the pull-off force between porcine heart sealed
by the bioadhesive microparticles with various matrix materials (Fig. 4-5a). The pull-off tests
performed both in air and a Dulbecco's Modified Eagle Medium (DMEM) bath show similarly
high pull-off forces (p = 0.25 for air; p = 0.49 for DMEM) between the bioadhesive microparticles
without and with silicone oil matrix. In contrast, silicone oil without the bioadhesive microparticles
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and the bioadhesive microparticles with hydrophilic polyethylene glycol (PEG) matrix exhibit
significantly lower pull-off force (Fig. 4-5b,c). These results indicate that the bioadhesive
microparticles alone can provide instant robust sealing between wet tissues in the absence of blood.
It is also notable that hydrophilic matrix materials such as PEG can significantly compromise the
adhesive performance of the bioadhesive microparticles by prematurely swelling the bioadhesive
microparticles before contacting the wet tissue surface (146, 151). The pull-off tests performed in
a heparinized porcine blood bath display a high pull-off force for the bioadhesive microparticles
with the silicone oil matrix, whilst the bioadhesive microparticles without the silicone oil matrix
exhibit significantly the lower pull-off forces (Fig. 4-5d). In the absence of a protective
hydrophobic matrix, the blood can readily infiltrate into and interact with the bioadhesive
microparticles, preventing the formation of robust adhesion among the microparticles or with the
tissue surface. These results indicate that the silicone oil matrix can effectively protect and preserve
the bioadhesive microparticles and their adhesive capabilities in the presence of blood.

Figure 4-5 | Effects of matrix materials in the barnacle-inspired paste. a, Schematic illustrations of the
setup and procedure for pull-off tests. The surface area of porcine heart is 1 cm2. Fpress, pressing force; Fpull,
pull-off force. b-d, Pull-off forces between tissues sealed by the bioadhesive microparticles, silicone oil,
the bioadhesive microparticles with PEG matrix, and the bioadhesive microparticles with silicone oil matrix
measured in air (b), DMEM (c), and heparinized porcine blood bath (d). DMEM, Dulbecco's Modified
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Eagle Medium. e, Schematic illustrations of configurations for the barnacle-inspired paste and the
corresponding total surface energies. E, the total surface energy of each configuration; R, the roughness
factor representing the ratio of the actual and projected surface areas of the bioadhesive microparticles;
𝛾//0 , the interfacial energy between A and B (subscript “ad” represents the bioadhesive microparticle and
“bl” represents blood). f, Pull-off forces vs. applied pressure between tissues sealed by the bioadhesive
microparticles with varying viscosity silicone oil matrices (5 cSt or 100 cSt) measured in heparinized
porcine blood bath. Vertical dashed lines indicate threshold applied pressures. 𝜂1 , kinematic viscosity of
the silicone oil. Values in b-d,f represent the mean and the standard deviation (n = 3). Statistical significance
and p values are determined by two-sided Student t-test; ns, not significant; ** p ≤ 0.01; *** p ≤ 0.001.

To further understand the silicone oil’s role as a protective matrix for the bioadhesive
microparticles against blood, we compare the total surface energies of three configurations: i) the
bioadhesive microparticles completely wetted by the silicone oil with a layer of blood facing below
it (protected state, E1), ii) the bioadhesive microparticles completely wetted by blood with a layer
of the silicone oil facing below it (unprotected state, E2), and iii) the bioadhesive microparticles
completely wetted by the silicone oil without blood (repelled state, E3) (152, 153) (Fig. 4-5e). To
ensure the energetically stable protection of the bioadhesive microparticles and the repelling of
blood by the silicone oil matrix, one should satisfy ∆𝐸U = 𝐸% − 𝐸& > 0 and ∆𝐸3 = 𝐸& − 𝐸( > 0,
respectively, which can be expressed as
𝑅:𝛾QVW/KVN 𝑐𝑜𝑠𝜃QVW/KX − 𝛾YW/KVN 𝑐𝑜𝑠𝜃YW/KX = + 𝛾YW/KVN 𝑐𝑜𝑠𝜃YW/LV11ZM − 𝛾QVW/KVN 𝑐𝑜𝑠𝜃QVW/V11ZM > 0 (4.1)
𝛾QVW/YW + 𝛾QVW/KVN 𝑐𝑜𝑠𝜃QVW/LV11ZM − 𝛾YW/KVN 𝑐𝑜𝑠𝜃YW/LV11ZM > 0

(4.2)

where R is the roughness factor representing the ratio of the actual and projected surface areas of
the bioadhesive microparticles, 𝛾U/3 represents the interfacial energy between A and B, and 𝜃U/3
represents the contact angle of A on B (subscript “ad” represents the bioadhesive microparticle;
“bl” represents blood). Note that we take R approximately as 𝜋 for the bioadhesive microparticles
in the barnacle-inspired paste based on the approximation of tightly placed spherical particles with
the same diameter. By substituting the values of parameters (𝑅 = 𝜋, 𝛾QVW/KVN = 20.9 mN m+& ,
𝛾YW/KVN = 72.0 mN m+& , 𝛾QVW/YW = 40 mN m+& , 𝜃QVW/KX = 4.5° , 𝜃YW/KX = 96° , 𝜃QVW/LV11ZM = 4.2° ,
𝜃YW/LV11ZM = 84°) into Eqs. (4.1-4.2), it is evident that the barnacle-inspired paste satisfies Eqs. (4.1)
and (4.2). Hence, the silicone oil matrix can protect the bioadhesive microparticles against blood
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and repel blood from the tissue surface, supporting our proposed design and mechanism (Figs. 41d-f and 4-2).
4.2.2. Stability of the barnacle-inspired paste
To ensure stability of the barnacle-inspired paste, the bioadhesive microparticles should form a
stable granular suspension with the silicone oil matrix. To satisfy this condition, it is essential that
the bioadhesive microparticles should be preferentially wetted by the silicone oil rather than being
phase-separated with the oil matrix.

Figure 4-6 | Schematic illustrations for energy states of different configurations.

To evaluate this requirement, we compare the total surface energy of the individual wetting
configurations (Fig. 4-6). Configuration 1 refers to the state where the bioadhesive microparticles
are completely wetted by the silicone oil matrix, and thus provide the stable barnacle-inspired paste.
Configuration 2 refers to the state where the bioadhesive microparticles are phase-separated with
the silicone oil matrix, and thus result in the unstable barnacle-inspired paste. Here we consider
the criterion whether the stable barnacle-inspired paste (Configuration 1) is energetically stable or
not (i.e., lower total energy). To meet this criterion, the Configuration 1 should always have a
lower energy state than the Configurations 2, that is,
∆𝐸 = 𝐸% − 𝐸& > 0

(4.3)

𝑅𝛾QVW/KVN 𝑐𝑜𝑠𝜃QVW/KX > 0

(4.4)

Eq. (4.3) is equivalent to
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where R is the roughness factor representing the ratio of the actual and projected surface areas of
the bioadhesive microparticles, 𝛾U/3 represents the interfacial energy between A and B, and 𝜃U/3
represents the contact angle of A on B (subscript “ad” represents bioadhesive microparticle). Note
that we take R as 𝜋 for the bioadhesive microparticles in the barnacle-inspired paste based on the
first-order approximation of tightly placed spherical particles with the same diameter. By plugging
the corresponding values in the Eq. (4.4) (𝑅 = 𝜋, 𝛾QVW/KVN = 20.9 mN m+& , 𝜃QVW/KX = 4.5°) it is
evident that inequality in the Eq. (4.4) is satisfied. Hence, the bioadhesive microparticles and the
silicone oil matrix can form the stable barnacle-inspired paste.
4.2.3. Rheological property of the barnacle-inspired paste
As a volume fraction of the bioadhesive microparticles in the barnacle-inspired paste increases,
the barnacle-inspired paste undergoes transition from a fluidic to a thixotropic state. This transition
stems from a significant increase in viscosity of the barnacle-inspired paste with higher volume
fraction of the bioadhesive microparticles, which can be understood based on the solid particle
suspension theories (154-156). As the volume fraction 𝜙 of the particles increases, the distance
between the nearest neighboring particles decreases. Hence, an increase in 𝜙 leads to higher
resistance for matrix fluid to flow through particles, resulting in higher viscosity 𝜂[ . As 𝜙 further
increases, the distance between the particles continues to decrease until it reaches a maximum
packing fraction 𝜙2 , beyond which the particles are in jammed state and cannot flow anymore. As
a result, 𝜂[ of the particle suspension divergently increases as 𝜙 approaches 𝜙2 (155). Under the
first-order approximation of monodispersed spherical microparticles, a classical theory by Krieger
and Dougherty provides a relationship between 𝜂[ and 𝜙 as (157)
𝜙 +7\$
𝜂[ = ^1 −
_
𝜙2

(4.5)

where 𝐵 is the Einstein coefficient and 𝜙2 is the maximum packing fraction.
Experimental observations show that the barnacle-inspired paste exhibits gradual transition
from a low viscosity fluid to a high viscosity thixotropic paste as the mass ratio between the
bioadhesive microparticles and the silicone oil matrix increase from 1:3 to 1:0.5, whereas the
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barnacle-inspired paste starts to become a non-flowable solid when ratio of the bioadhesive
microparticles to the silicone oil matrix becomes higher than 1:0.5 (Fig. 4-4). With the given
density of each component of the barnacle-inspired paste (𝜌IKNLV]WM = 1.39 g mL-1 and 𝜌QVW = 0.96
g mL-1), the transition mass ratio of 1:0.5 (bioadhesive microparticles:silicone oil) corresponds to
𝜙 = 0.58, which is close to 𝜙2 of an homogeneously sheared assembly of spherical microparticles
(𝜙2 ~ 0.6) (158) agreeing with the Eq. (4.5).
4.2.4. Compaction of the barnacle-inspired paste
During hemostasis sealing, the bioadhesive microparticles in the barnacle-inspired paste are
densely compacted into a non-flowable jammed layer (i.e., 𝜙 → 𝜙2 ) while the displaced silicone
oil matrix from the compacted barnacle-inspired paste repels blood on the bleeding tissue. Since
the barnacle-inspired paste takes the form of a granular suspension consisting of the bioadhesive
microparticles and the silicone oil matrix, the required pressure to compact the barnacle-inspired
paste is dependent to the viscosity of the silicone oil matrix. Under the first-order approximation
of monodispersed spherical microparticles, a granular suspension theory by Guazzelli and
Pouliquen provides a relationship for the required pressure to compact a granular suspension as
(159)

𝑃INM11 ∝

ℎ
(𝜙 − 𝜙)𝑈. 𝜂2
𝑑% 2

(4.6)

where Ppress is the applied pressure, ℎ is the height of the suspension layer, 𝑑 is the particle
diameter, 𝜙2 is the maximum packing fraction of the particles, 𝜙 is the particle volume fraction
in the suspension, 𝑈. is the speed of the compaction, and 𝜂2 is the viscosity of the fluid matrix.
Therefore, for the given barnacle-inspired paste (𝑑, ℎ, 𝜙2 , and 𝜙) and 𝑈. , more viscous silicone
oil matrix requires the higher applied pressure to compact the barnacle-inspired paste to form
hemostatic tissue sealing agreeing with the experimental data in Fig. 4-5f.

4.3. Adhesion mechanism and performance
Next, we further investigate the behavior of bioadhesive microparticles in the process of adhering
to the tissue surface. Upon application of gentle pressure, the bioadhesive microparticles in the
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barnacle-inspired paste are densely compacted and form a non-flowable jammed adhesive layer.
During this compaction process, the silicone oil matrix is pushed out of the barnacle-inspired paste,
repelling and cleaning blood from the tissue surface. Hence, the applied pressure and the property
of the silicone oil matrix can affect the adhesion formation of the barnacle-inspired paste. To
investigate the effects of the applied pressure and the property of the silicone oil matrix on adhesion
to tissues, we measure the pull-off force between porcine heart sealed by the barnacle-inspired
paste with varying applied pressure as well as viscosity of the silicone oil matrix (Fig. 4-5f). As
the applied pressure increases, the pull-off force first increases and then reaches a plateau above a
certain threshold of applied pressure (e.g., 10 kPa for silicone oil with 5 cSt kinematic viscosity)
(Fig. 4-5f). Moreover, the silicone oil with a higher viscosity shows a higher threshold of the
applied pressure (e.g., 16 kPa for silicone oil with 100 cSt kinematic viscosity) (Fig. 4-5f), agreeing
with the granular suspension theory in the literature (159).

Figure 4-7 | Adhesion mechanisms of the barnacle-inspired paste. a, Schematic illustrations for the
physical crosslinking-based adhesion between the barnacle-inspired paste and the tissue surface. b,
Schematic illustrations for the covalent crosslinking-based adhesion between the barnacle-inspired paste
and the tissue surface.

Once the barnacle-inspired paste forms a densely compacted layer on the wet tissue surface,
the bioadhesive microparticles in the barnacle-inspired paste establish instant physical crosslinks
between themselves and to the tissue surface by hydrogen bonds between carboxylic acid and
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primary amine groups abundant in the bioadhesive microparticles and biological tissues. The
physically crosslinked bioadhesive microparticles further swell in wet physiological environment
and subsequently form stable covalent crosslinks between NHS ester groups in the bioadhesive
microparticles and primary amine groups abundant in both biological tissues and chitosan in the
bioadhesive microparticles within a few min (160) (Fig. 4-7). Notably, the bioadhesive
microparticles rapidly swell and become soft hydrogels whose Young’s modulus is similar to that
of soft tissues in contact with wet tissue surfaces. This rapid transition to soft hydrogels in contact
with the wet tissue surfaces may minimize potential tissue damages during application process of
the barnacle-inspired paste.

4.4. Conclusion
In this Chapter, we introduce a novel repel-crosslinking mechanism to achieve foulant-resistant
wet adhesion. The repel-crosslinking mechanism is implemented in the form of barnacle-inspired
paste whose preparation, mechanics, and adhesion mechanism are discussed. The repelcrosslinking mechanism can be synergistically implemented together with the dry-crosslinking
mechanism to realize rapid, robust, and foulant-resistant wet adhesion simultaneously. The repelcrosslinking mechanism and the barnacle-inspired paste can find a diverse range of biomedical
and clinical applications such as rapid hemostatic tissue sealing whose details are discussed in
Chapter 6.

4.5. Materials and Methods
4.5.1. Materials
All chemicals were obtained from Sigma-Aldrich unless otherwise mentioned and used without
further purification. For preparation of dry bioadhesive, acrylic acid, acrylic acid Nhydroxysuccinimide ester (AAc-NHS ester), α-ketoglutaric acid, chitosan (HMC+ Chitoscience
Chitosan 95/500, 95 % deacetylation), and gelatin (type A bloom 300 from porcine skin) were
used. For matrix of bioadhesive microparticles, silicone oils with different viscosity (5 cSt and 100
cSt), soybean oil, or polyethylene glycol (PEG) were used. For visualization of the barnacleinspired paste, fluorescein-labeled chitosan (KITO-8, PolySciTech®) was used for confocal
microscope images. Heparinized porcine blood was purchased from Lampire Biological
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Laboratories, Inc. All porcine tissues and organs for ex vivo experiments were purchased from a
research-grade porcine tissue vendor (Sierra Medical Inc.).
4.5.2. Preparation of the barnacle-inspired paste
To prepare a bioadhesive, 30 w/w % acrylic acid, 2 w/w % chitosan, 1 w/w % AAc-NHS ester,
and 0.5 w/w % α-ketoglutaric acid were dissolved in deionized water. The precursor solution was
then filtered with 0.4 µm sterile syringe filters and poured on a glass mold with 500-µm spacers.
The bioadhesive was cured in a UV chamber (354 nm, 12 W power) for 60 min and completely
dried under nitrogen flow for 24 h. The dry bioadhesive was sealed in plastic bags with desiccants
(silica gel packets) and stored in – 20 ℃ before use.
To prepare bioadhesive microparticles, the dry bioadhesive was cut into small pieces and
added into a container of a cryogenic grinder (CryoMill, Retsch), followed by cryogenic grinding
process (30 Hz frequency for 2 min). The barnacle-inspired paste was prepared by thoroughly
mixing the bioadhesive microparticles and a hydrophobic matrix. The prepared barnacle-inspired
paste was sealed in plastic bags with desiccant (silica gel packets) and stored in – 20 ℃ before use.
Unless otherwise specified, the silicone oil with viscosity of 5 cSt and the 1:1 mass ratio
(equivalent to 𝜙 = 0.4) between the bioadhesive microparticles and the silicone oil were used.
4.5.3. Mechanical tests
For pull-off tests, porcine heart was cut with a surface area of 1 cm2 and thickness of 5 mm. On
one side, the porcine heart was adhered to a glass container filled with DMEM or heparinized
porcine blood bath by using a cyanoacrylate glue (Krazy GlueTM). On another side, the porcine
heart was adhered to an aluminum fixture by using the cyanoacrylate glue and the surface of the
tissue was covered by the bioadhesive microparticles without or with varying matrix materials.
Note that DMEM bath was used to mimic body fluids(161). The adhesive-covered porcine heart
was pressed against the tissue submerged in the bath at varying pressure by using a mechanical
tester (2.5 kN load-cell, Zwick/Roell Z2.5) for 5 s. The adhered tissues were then pulled by lifting
the aluminum fixture and the maximum tensile force was measured as the pull-off force.
4.5.4. Contact angle measurement

78

The dry bioadhesive or a porcine skin tissue were bonded on a glass substrate and the contact angle
of silicone oil and porcine blood was measured by using a contact angle apparatus (Ramé-Hart).
The contact angle measurements were conducted at room temperature (23-26 ℃) with relative
humidity of 35 %. The interfacial energies between silicone oil/air, blood/air, and silicone
oil/blood were obtained from the reported values in the literatures (162-164).
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PART II
BIOADHESIVE TECHNOLOGY
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Chapter 5
Dry double-sided tape for instant and robust tissue repair
5.1. Introduction
Two dry surfaces can instantly adhere upon contact with each other by intermolecular forces such
as hydrogen bonds, electrostatic and van der Waals interactions (67, 69). However, it is
challenging to form such instant adhesion on wet surfaces, such as tissues, because water separates
molecules from the two surfaces, preventing these interactions (139, 165). Whilst tissue adhesives
have potential advantages over suturing or stapling (124, 166), existing liquid or wet hydrogel
tissue adhesives suffer from several limitations: weak bonding, low biocompatibility, poor
mechanical match with tissues, and/or slow adhesion formation (27, 74, 78, 81, 124, 166-169).
In this Chapter, we propose a tissue adhesive in the form of a dry double-sided tape (DST)
made from a combination of biopolymer (gelatin or chitosan) and crosslinked poly(acrylic acid)
grafted with NHS ester to address the abovementioned limitations. The adhesion mechanism of
the DST relies on the dry-crosslinking mechanism (Chapter 3), resulting in fast temporary
crosslinking to the surface. Subsequent covalent crosslinking with surface amine groups then
further improves adhesion stability and strength of the DST. In vitro and in vivo rodent, and ex
vivo porcine models show that the DST can achieve strong adhesion between diverse wet dynamic
tissues and engineering solids within five seconds. This suggests that the DST may find use as a
tissue adhesive and sealant, or in adhering wearable and implantable devices.

5.2. Implementation of the dry-crosslinking mechanism
Existing tissue adhesives, mostly in the form of liquids or hydrogels, rely on diffusion of their
molecules (e.g., monomer, macromers or polymers) through the interfacial water to form bonds
with the polymer networks of tissues (27, 74, 78, 81, 124, 166-168) (Fig. 5-1a,b). In contrast,
animals capable of forming adhesion in wet environments commonly possess mechanisms (e.g.,
mussel, barnacle and spider-web glues) to remove interfacial water from the contact surfaces to
form bonds (140, 141, 170). Inspired by these examples in nature, the DST adopts a drycrosslinking mechanism to remove interfacial water and form adhesion on wet tissues (Figs. 51c,d and 5-2). The DST consists of two major components: (i) poly(acrylic acid) grafted with N-
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hydroxysuccinimide ester (PAA-NHS ester) crosslinked by biodegradable gelatin methacrylate
and (ii) biodegradable biopolymers (e.g., gelatin or chitosan).

Figure 5-1 | Dry double-sided tape (DST) and dry-crosslinking mechanism for adhesion of wet tissues
and devices. a, Existing tissue adhesives in the form of liquids or wet hydrogels. b, Adhesion formation by
the existing tissue adhesives relies on diffusion of monomer, macromers, or polymers toward the tissues. c,
A proposed tissue adhesive in the form of a dry double-sided tape (DST). d, A dry-crosslinking mechanism
for the DST integrates drying of interfacial water by hydration and swelling of the dry DST, temporary
crosslinking, and covalent crosslinking. e, Various shapes of the DST owing to its high flexibility in
fabrication. The DST is colored with a red food dye for visualization. f,g, Photographs (f) and nominal

82

stress vs. stretch curve (g) for the DST in swollen state stretched over 16 times of the original length. The
DST is colored with a red food dye for visualization. h, In vitro biocompatibility of the DST based on
Live/Dead assay of mouse embryonic fibroblasts (mEFs) after 24-hour culture. i, In vitro biodegradation
of the gelatin-based DST in Dulbecco’s phosphate buffered saline (DPBS) with collagenase. Values in h,i
represent the mean and the standard deviation (n = 3-5).

The negatively charged carboxylic acid groups in the PAA-NHS ester facilitate the quick
hydration and swelling of the DST to dry the wet surfaces of various tissues under gentle pressure
(e.g., 1 kPa) applied for less than 5 s (details of the dry-crosslinking mechanism are discussed in
Chapter 3). Simultaneously, the carboxylic acid groups in the PAA-NHS form intermolecular
bonds (e.g., hydrogen bonds and electrostatic interactions) with the tissue surfaces (Figs. 5-1d and
5-2). To provide stable adhesion, the NHS ester groups grafted on the PAAc additionally form
covalent coupling with primary amine groups on various tissues within a few minutes without the
need for further pressure application (Fig. 5-2). After adhering on tissues, the swollen DST
becomes a thin hydrogel layer with an equilibrium water content around 92 % by volume. Since
the swollen DST integrates mechanisms for high stretchability and mechanical dissipation (48,
171), it exhibits high fracture toughness over 1,000 J m-2 which is crucial to achieving tough
adhesion of the swollen DST (85, 172).
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Figure 5-2 | Schematic illustration for overall process of the DST application. The DST can be applied
directly on the wet tissue surfaces after removing the backing without any other preparation process. Upon
contact with the wet surfaces, the DST dries the wet surfaces by quickly swelling and absorbing the
interfacial water. Simultaneously, the carboxylic acid groups in the DST form temporary crosslinks by
intermolecular bonds with the tissue surfaces, followed by the covalent crosslinking between the NHS ester
groups in the DST and the primary amine groups on the tissues. After adhering on tissues, the swollen DST
become a thin layer of tough hydrogel which provides robust adhesion between the surfaces.

5.3. Dry double-sided tape (DST)
The dry DST takes the form of a conformable thin film that can be applied on non-planar tissue
surfaces. The dry DST can be fabricated into diverse shapes such as flat sheets, perforated sheets,
and ScotchTM Tape-like rolls (Fig. 5-1e). The DST in fully-swollen state exhibits a shear modulus
of 2.5 to 5 kPa and stretchability of over 16 times of the original length, mechanically matching
soft tissues (173) (Fig. 5-1f,g). To remove potentially cytotoxic residual reagents, the DST has
been thoroughly purified during preparation. The in vitro biocompatibility of the DST-conditioned
media is comparable to that of the control media, showing no observable decrease in in vitro cell
viability for mouse embryonic fibroblasts (mEFs) after 24-hour culture (Fig. 5-1h). The
crosslinkers (i.e., gelatin methacrylate) for PAAc-NHS ester and the biopolymers (i.e., gelatin or
chitosan) in the DST are biodegradable by endogenous enzymes (e.g., collagenase, lysozyme,
NAGase) at varying rates. For example, gelatin typically degrades faster than chitosan under
physiological conditions (174). Hence, the in vitro biodegradation rate of the DST can be
controlled from a week (for the gelatin-based DST) to several months (for the chitosan-based DST)
by tuning its composition (Fig. 5-1i).

5.4. Adhesion performance of the DST
To evaluate the adhesion performance of the DST, we conduct three different types of mechanical
tests following the testing standards for tissue adhesives (ASTM F2256 for 180-degree peel tests,
ASTM F2255 for lap-shear tests, and ASTM F2258 for tensile tests) to measure the interfacial
toughness (by peel tests), shear strength (by lap-shear tests), and tensile strength (by tensile tests),
respectively (Fig. 5-3). We first choose wet porcine skin as the model tissue for adhesion
performance evaluation due to its mechanical robustness and close resemblance to human skin
(27).
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Figure 5-3 | Mechanical testing setups for evaluation of adhesion performance. a, Testing setup for
interfacial toughness measurements based on the standard 180-degree peel test (ASTM F2256). b, Testing
setup for shear strength measurements based on the standard lap-shear test (ASTM F2255). c, Testing setup
for tensile strength measurements based on the standard tensile test (ASTM F2258).

The DST can establish tough (interfacial toughness over 710 J m-2) and strong (shear and
tensile strength over 120 kPa) adhesion between wet porcine skins upon contact and gentle
pressure (1 kPa) application for less than 5 s (Fig. 5-4a). The tissues adhered by the DST exhibit
a relatively small decrease (less than 10 %) in the measured interfacial toughness and strength over
48 h after initial pressing (Fig. 5-4b). Furthermore, the DST can maintain capability to form robust
adhesion on wet tissues after storage over 2 weeks. We also examine the importance of covalent
crosslinking after intermolecular crosslinking on the adhesion performance of the DST. We test
the adhesion performance of the DST without grafted NHS ester on the PAAc, which cannot form
covalent crosslinks with the tissues (Fig. 5-5). While the DST without NHS ester can provide
tough (interfacial toughness over 500 J m-2) and strong (shear and tensile strength over 80 kPa)
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adhesion upon the application between wet porcine skins (Fig. 5-5a), the adhesion performance
shows significant deterioration over time (Fig. 5-5b), due to the unstable and temporary nature of
the intermolecular bonds in wet environments (165). Hence, it is evident that both the temporary
crosslinks and subsequent covalent crosslinks are necessary for stable and robust adhesion of wet
surfaces, supporting our proposed mechanism (Figs. 5-1d and 5-2).

Figure 5-4 | Adhesion performance of the DST. a, Interfacial toughness and shear and tensile strength vs.
pressing time for adhered wet porcine skins by the DST with NHS ester. b, Interfacial toughness and shear
and tensile strength vs. time after pressing for adhered wet porcine skins by the DST with NHS ester. c,
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Comparison of adhesion performances between the DST and various commercially-available tissue
adhesives. d, Interfacial toughness and shear and tensile strength between various tissues adhered by the
DST. e, Interfacial toughness and shear and tensile strength between porcine skin and various engineering
solids adhered by the DST. Values represent the mean and the standard deviation (n = 3-5).

We also test the adhesion performance of the DST under cyclic loading conditions. Two
porcine heart tissues adhered by the DST maintain high interfacial toughness over 650 J m-2 during
the cyclic shear loading over 5,000 cycles with physiologically-relevant strain (30 % nominal
strain). In addition, the DST can provide similarly high interfacial toughness (over 640 J m-2) and
shear and tensile strength (over 85 kPa) on blood-covered porcine tissues after washout with saline
(175).

Figure 5-5 | Effect of covalent crosslinks on long-term stability of adhesion by the DST. a, Interfacial
toughness and shear and tensile strength vs. pressing time for adhered wet porcine skins by the DST without
NHS ester. Note that the adhesion tests in a are performed right after initial pressing. d, Interfacial toughness
and shear and tensile strength vs. time after pressing for adhered wet porcine skins by the DST without
NHS ester. All samples are kept in wet environments before the mechanical tests in b. Values represent the
mean and the standard deviation (n = 3-5).

The DST demonstrates superior adhesion performance compared to existing tissue
adhesives including commercially-available cyanoacrylate adhesives (e.g., Histoacryl®,
Dermabond®), albumin-based adhesives (e.g., BioGlue®), polyethylene glycol-based adhesives
(e.g., Coseal, DuraSealTM), fibrin glues (e.g., Tisseel), hydrophilic pressure sensitive adhesives
(PSA) (e.g., TegadermTM Hydrocolloid) as well as nanoparticle solutions (81) and UV-curable
surgical glues (176) (Fig. 5-4c). These existing tissue adhesives require relatively long time to
form adhesion (longer than 1 min) and exhibit limited adhesion performance on wet tissues
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(interfacial toughness lower than 20 J m-2 and shear/tensile strength lower than 40 kPa, Fig. 5-4c),
which are consistent with their performances reported in the literature (167). The DST provides
higher interfacial toughness (up to 1,150 J m-2), shear and tensile strength (up to 160 kPa) than
existing tissue adhesives and forms the adhesion in less than 5 s (Fig. 5-4c). While tough hydrogel
adhesives can achieve a similarly high interfacial toughness over 1,000 J m-2 on wet tissues, they
require steady pressure application for substantially longer periods of time (5 to 30 min) on tissue
surfaces to form the adhesion (27, 73).

Figure 5-6 | Surface functionalization of engineering solids. a, A schematic illustration for primary
amine functionalization of silicon, titanium, and PDMS, and subsequent covalent coupling between the
primary amine groups and the NHS ester groups in the DST. b, A schematic illustration for primary amine
functionalization of polycarbonate, and subsequent covalent coupling between the primary amine groups
and the NHS ester groups in the DST. c, A schematic illustration for primary amine functionalization of
polyimide, and subsequent covalent coupling between the primary amine groups and the NHS ester groups
in the DST.

The DST is applicable to various wet tissues including skin, small intestine, stomach,
muscle, heart, and liver (Fig. 5-4d) with high interfacial toughness (over 710 J m-2 for skin, 580 J
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m-2 for small intestine, 450 J m-2 for stomach, 570 J m-2 for muscle, 340 J m-2 for heart, 190 J m-2
for liver) and high shear and tensile strength (over 120 kPa for skin, 80 kPa for small intestine, 70
kPa for stomach, 80 kPa for muscle, 70 kPa for heart, 20 kPa for liver) (Fig. 5-4d). The DST can
also provide adhesion between wet tissues and various engineering solids including hydrogel,
silicon, titanium, polydimethylsiloxane (PDMS), polyimide, and polycarbonate (PC) (Fig. 5-4e).
We functionalize the surfaces of various engineering solids with primary amines in order to ensure
the covalent coupling with the DST (Fig. 5-6) (85), and then evaluate the adhesion performance
with wet porcine skin. The adhesion between the wet tissues and various engineering solids by the
DST exhibits high interfacial toughness (over 1,150 J m-2 for hydrogel, 800 J m-2 for silicon, 680
J m-2 for titanium, 480 J m-2 for PDMS, 720 J m-2 for polyimide, 410 J m-2 for PC) and high shear
and tensile strength (over 80 kPa for hydrogel, 160 kPa for silicon, 150 kPa for titanium, 100 kPa
for PDMS, 100 kPa for polyimide, 70 kPa for PC) (Fig. 5-4e).

5.5. In vivo applicability and biocompatibility of the DST
In order to evaluate the DST’s capability of adhering to wet and dynamic surfaces in vivo, we
adhere a thermoplastic polyurethane (TPU) patch (177) to the epicardial surface of a rat heart using
the DST (Fig. 5-7a,b). We find that a 5-mm diameter DST-TPU hybrid patch (using the gelatinbased DST with 20 µm dry thickness) can be adhered on the epicardial surface of a beating rat
heart after gently pressing for 5 s (Fig. 5-7a). After 3 days of in vivo implantation, the DST-TPU
patch maintains adhesion to the rat heart surface (Fig. 5-7b) whilst demonstrating a host response
similar to reported epicardial patches (Fig. 5-7c,d). Histological assessment by a blinded
pathologist indicates that the degree of inflammatory reaction induced by the DST-TPU patch is
comparable to that of a sutured TPU patch (Fig. 5-7c-e).
We further evaluate in vivo biocompatibility and biodegradability of the DST in a rat model
of dorsal subcutaneous implantation (Fig. 5-7f-h). Histological assessment demonstrates that, after
2 weeks of implantation, the chitosan-based DST (20 μm dry thickness) generates a comparable
inflammatory reaction (Fig. 5-7f) to that generated by Coseal, an FDA-approved commerciallyavailable tissue adhesive (Fig. 5-7h). The histology at 2 weeks for both implant types is
characterized by a mild to moderate chronic inflammatory response with macrophages,
lymphocytes and occasional giant cells in association with the formation of a capsule of
granulation tissue comprised of fibroblasts, collagen and new blood vessels. There is no evidence
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of necrosis of the overlying skeletal muscle or skin, or an eosinophilic response suggestive of an
allergic reaction.

Figure 5-7 | In vivo adhesion, biocompatibility, and biodegradability of the DST. a, Adhesion of DSTTPU hybrid patch on a beating rat heart in vivo. b, The DST-TPU patch adhered on the rat heart after 3
days post-implantation in vivo. c, A schematic illustration of the section through a DST-TPU or a sutured
TPU patch implanted on the rat epicardial surface taken for histology. d,e, Representative histological
images for the DST-TPU patch (d) and the sutured TPU patch (e) stained with hematoxylin and eosin
(H&E). f-h, Representative histological images for the chitosan-based DST (f), the gelatin-based DST (g),
and the Coseal (h) stained with H&E. i,j, Representative histological images stained with H&E for
biodegradation assessment of the subcutaneously implanted chitosan-based DST (i) and gelatin-based DST
(j) for 2 weeks. k,l, Representative histological images stained with H&E for biocompatibility and
biodegradation assessment of the subcutaneously implanted chitosan-based DST (k) and gelatin-based DST
(l) for 4 weeks. SM, GT, and FC indicate skeletal muscle, granulation tissue, and fibrous capsule,
respectively. All experiments are repeated three or four times with similar results.
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Although the gelatin-based DST shows a higher degree of inflammatory response than the
chitosan-based DST as indicated by a denser chronic inflammatory reaction (Fig. 5-7g), no
significant damage to the surrounding dermal and muscular layers was observed after 2 weeks of
implantation. The more pronounced inflammatory response of the gelatin-based DST potentially
results from the faster biodegradation rates of gelatin compared to chitosan and subsequent effects
on the surrounding tissues including a higher degree of phagocytotic responses (178). Furthermore,
the histological images of the subcutaneously implanted DST demonstrate in vivo biodegradability
of the DST (Fig. 5-7i-l). After two weeks of implantation, the slow-degrading chitosan-based DST
maintains an intact film-like configuration (Fig. 5-7i) while the fast-degrading gelatin-based DST
shows signs of degradation such as reduction in thickness and a fragmented configuration (Fig. 57j). At an implantation period of 4 weeks, the chitosan-based DST shows limited signs of
degradation (Fig. 5-7k) while significant continued degradation of the gelatin-based DST is
evident as shown by increased material resorption by macrophages (Fig. 5-7l). Additionally,
appropriate evolution and attenuation of the inflammatory response generated by both the gelatinbased and chitosan-based DST is observed after 4 weeks of implantation, including a decrease in
the magnitude of the chronic inflammatory infiltrate and thinning of the surrounding fibrous
capsule.

5.6. Various applications of the DST
In order to investigate potential applications of the DST, we demonstrate a range of proof-ofprinciple applications of the DST based on ex vivo porcine models. The DST combined with a
degradable tough hydrogel patch can form an air-tight sealing of a lacerated, air-leaking lung lobe
and trachea (Fig. 5-8a,b). Further, it provides a fluid-tight sealing of a fluid-filled perforated
stomach (hole with 1-cm diameter) and a dissected small intestine (Fig. 5-8c). We further
demonstrate that the DST can be used to adhere devices onto dynamic and deformable tissues (177,
179-181). For example, we use the DST to adhere a hydrogel patch with a mock drug (fluorescein)
onto a beating ex vivo porcine heart (by introducing cyclical, pressurized air inputs to mimic heart
beats). This suggests that the DST may allow attachment of drug-delivery devices onto dynamic
wet tissues (Fig. 5-8d). The adhered DST-patch maintains adhesion on the beating heart over 12
h without any sign of decreased adhesion and allows delivery of a mock drug into the heart tissue
(Fig. 5-8e). As another example, we adhere a stretchable strain sensor on the beating porcine heart
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(Fig. 5-8f). The DST allows facile attachment of the strain sensor on the dynamic and curved
surface of the beating heart as well as electrical measurements of the heart movements (Fig. 5-8g).
Notably, the stretchable DST-sensor hybrid is prepared by printing a conductive ink on a DSTEcoflex hybrid substrate (172). Such DST-device hybrids can potentially serve as a versatile
platform for wearable and implantable devices to adhere on wet and dynamic tissues. Whilst these
ex vivo models demonstrate possible applications of the DST, it should be noted that the long-term
efficacy, biocompatibility and biodegradability of the DST, and the induced biological responses
(e.g., healing) in clinically-relevant settings will require further studies.

Figure 5-8 | Potential applications of the DST. a, Sealing of an air-leaking lacerated ex vivo porcine lung
lobe by a hydrogel patch adhered by the DST. c, Sealing of a fluid-leaking ex vivo porcine stomach by a
hydrogel patch adhered by the DST. d, Adhesion of a drug-loaded patch on a beating ex vivo porcine heart
with a cut by the DST. e, Diffusion of a mock-drug (fluorescein) from the DST-adhered drug patch into the
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ex vivo porcine heart tissue over time. f, Adhesion of the DST-strain sensor hybrid on a beating ex vivo
porcine heart. g, Normalized electrical resistance of the DST-adhered strain sensor over time to measure
the deformation of the beating heart. The blue shades in the graph indicate the intervals during which
pressure inputs are introduced to the ex vivo porcine heart to mimic beating.

5.7. Conclusion
In this Chapter, we introduce the implementation of the dry-crosslinking mechanism for adhesion
of wet tissues and devices in the form of a dry DST. The DST offers a set of advantages over
existing tissue adhesives and sealants including fast adhesion formation, robust adhesion
performance, flexibility and easiness in storage and use. The DST may also provide new
opportunities for bioscaffolds, drug delivery, and wearable and implantable devices. The drycrosslinking mechanism for adhesion of wet surfaces may further inspire the design of future
adhesives in wet and underwater environments.

5.8. Materials and Methods
5.8.1. Materials
All chemicals were obtained from Sigma-Aldrich unless otherwise mentioned and used without
further purification. For preparation of the double-sided tape (DST), acrylic acid, gelatin
methacrylate (type A bloom 90-100 from porcine skin with 60 % substitution), acrylic acid Nhydroxysuccinimide ester (AAc-NHS), α-ketoglutaric acid, gelatin (type A bloom 300 from
porcine skin), and chitosan (75-85 % deacetylated) were used. For visualization of the DST, red
food dye (McCormick) and FITC-gelatin (Thermo Fisher Scientific) were used for photographs
and microscope images, respectively. For in vitro biodegradation tests, Dulbecco’s phosphate
buffered saline (DPBS; with calcium and magnesium, Gibco), collagenase, lysozyme, and
NAGase were used. For preparation of hydrogel, acrylamide and Irgacure 2959 were used. For
surface functionalization of engineering solids, (3-aminopropyl) triethoxysilane (APTES) and
hexamethyldiamine (HMDA) were used. For preparation of stretchable strain sensor, EcoflexTM
00-30 (Smooth-On), silicone curing retardant (SLO-JOTM, Smooth-On), and carbon black (Alfa
Aesar) were used. All engineering solids were obtained from McMaster Carr otherwise mentioned.
All porcine tissues for ex vivo experiments were purchased from a research-grade porcine tissue
vendor (Sierra Medical Inc.).
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5.8.2. Preparation of the dry double-sided tape (DST)
The DST was prepared based on either gelatin or chitosan. To prepare the gelatin-based DST, 30
w/w % acrylic acid, 10 w/w % gelatin, 1 w/w % AAc-NHS, 0.1 w/w % gelatin methacrylate, and
0.2 w/w % α-ketoglutaric acid were dissolved in deionized water. The mixture was then filtered
with 0.4 µm sterile syringe filters and poured on a glass mold with spacers. The DST was cured in
a UV chamber (284 nm, 10 W power) for 20 min and completely dried. The final DST was sealed
in plastic bags with desiccant (silica gel packets) and stored in – 20 ℃ before use. The chitosanbased DST was prepared by replacing 10 w/w % gelatin with 2 w/w % chitosan. In experiments,
the gelatin-based DST with 210 µm as-prepared thickness was used otherwise mentioned. To
prepare the DST in various shapes, a large sheet of DST was cut into each design using a laser
cutter (Epilog). Polyethylene-coated paper was used as a backing for the DST. To aid visualization
of the DST, 0.5 w/w % of red food dye (for photographs) or 0.2 w/w % FITC-gelatin (for
fluorescent microscope images) were added into the precursor solution of the DST before curing.
5.8.3. Mechanical tests
For tissue samples stored more than 10 min before mechanical tests, the samples were covered
with a large amount of 0.01 w/v % sodium azide solution (in PBS) spray and sealed in plastic bags
to prevent degradation and dehydration of the tissues. Unless otherwise indicated, all tissues and
engineering solids were adhered by the DST after washout of the surfaces with PBS followed by
5 s pressing (with 1 kPa pressure applied by either mechanical testing machine or equivalent
weight). Unless otherwise indicated, all mechanical tests on adhesion samples were performed 24
h after initial pressing to ensure equilibrium swelling of the adhered DST in wet environments.
The application of commercially-available tissue adhesives followed the provided manual for each
product. The gelatin-based DST was used unless otherwise mentioned.
To measure interfacial toughness, the adhered samples with 2.5 cm in width were prepared
and tested by the standard 180-degree peel test (ASTM F2256) or 90-degree peel test (ASTM
D2861) (for inflexible substrates such as silicon) with a mechanical testing machine (2.5 kN loadcell, Zwick/Roell Z2.5). All tests were conducted with a constant peeling speed of 50 mm min-1.
The measured force reached a plateau as the peeling process entered the steady-state. Interfacial
toughness was determined by dividing two times of the plateau force (for 180-degree peel test) or
the plateau force (for 90-degree peel test) with the width of the tissue sample (Fig. 5-3a).
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Poly(methyl methacrylate) films (50 µm thickness, Goodfellow) were applied by using
cyanoacrylate glues (Krazy GlueTM) as stiff backings for tissues and hydrogels.
To measure shear strength, the adhered samples with an adhesion area of 2.5 cm in width
and 1 cm in length were prepared and tested by the standard lap-shear test (ASTM F2255) with a
mechanical testing machine (2.5 kN load-cell, Zwick/Roell Z2.5) (Fig. 5-3b). All tests were
conducted with a constant tensile speed of 50 mm min-1. Shear strength was determined by dividing
the maximum force by the adhesion area. Poly(methyl methacrylate) films were applied using
cyanoacrylate glue to act as stiff backings for tissues and hydrogels.
To measure tensile strength, the adhered samples with adhesion area of 2.5 cm in width
and 2.5 cm in length were prepared and tested by the standard tensile test (ASTM F2258) with a
mechanical testing machine (2.5 kN load-cell, Zwick/Roell Z2.5) (Fig. 5-3c). All tests were
conducted with a constant tensile speed of 50 mm min-1. Tensile strength was determined by
dividing the maximum force with the adhesion area. Aluminum fixtures were applied by using
cyanoacrylate glues to provide grips for tensile tests.
To characterize mechanical properties of the swollen DST, the DST was equilibrated in
PBS before tests. The tensile properties and fracture toughness of the DST were measured using
pure-shear tensile tests of thin rectangular samples (10 mm in length, 30 mm in width, and 0.5 mm
in thickness) with a mechanical testing machine (20 N load-cell, Zwick/Roell Z2.5). All tests were
conducted with a constant tensile speed of 50 mm min-1. The fracture toughness of the DST was
calculated by following the previously reported method based on tensile tests of unnotched and
notched samples.
To characterize adhesion performance of the DST under cyclic loading, two porcine heart
tissues were adhered by the DST with adhesion area of 2.5 cm in width and 4 cm in length. Each
side of the adhered tissues was cyclically stretched at 30 % tensile strain (with respect to the DST
length) with a mechanical testing machine (2.5 kN load-cell, Zwick/Roell Z2.5) to provide cyclic
shear loading to the adhesion interface. Interfacial toughness between the heart tissues adhered by
the DST was measured at different cycle numbers by the standard 180-degree peel test (ASTM
F2256). During the cyclic tests, 0.01 w/v % sodium azide solution (in PBS) was sprayed on the
heart tissues to avoid tissue degradation and dehydration.
5.8.4. In vivo tests
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All animal surgeries were reviewed and approved by the Committee on Animal Care at the
Massachusetts Institute of Technology. Female Sprague Dawley rats (225-250 g, Charles River
Laboratories) were used for all in vivo studies. Prior to the surgical procedure, 20 µm thick gelatinbased DST and 75-µm-thick thermoplastic polyurethane (TPU) films were cut into circular patches
by using 5-mm diameter sterile biopsy punch (Dynarex). The TPU patches to be adhered via the
DST were functionalized with primary amine following the procedure described in Methods. All
samples were prepared using sterile techniques and were further sterilized under UV light for 3 h
For heart patch implantation, rats were anaesthetized using isoflurane (1–3% isoflurane in
oxygen) in an anesthetizing chamber. Chest hair was removed. A pre-operative analgesic, slowrelease buprenorphine (1 mg kg−1) was administered subcutaneously in addition to the regional
nerve blocker lidocaine/bupivacaine which was injected at the surgical site. Endotracheal
intubation was performed and the animals were connected to a mechanical ventilator (Model 683,
Harvard Apparatus) and placed over a heating pad for the duration of the surgery. A thoracotomy
was performed in the third or fourth left intercostal space. The heart was exposed and the
pericardium was removed using fine forceps. Either a DST-TPU hybrid patch (n = 3) or a TPUonly patch (n = 3) were placed onto the left ventricular epicardial surface (Supplementary Fig.
15a). To achieve adhesion of the DST-TPU hybrid patch, the surgeon positioned the DST and TPU
layers on top of the epicardial surface on the left ventricle and gently pressed using a forcep for 5
s. Adhesion was confirmed by pulling the edge of the patch and observing movement of the entire
heart. To secure the TPU-only patches, 2 sutures (7-0 Prolene, Ethicon) were placed at opposite
sides of the patch. Following patch placement, the thorachotomy was closed using interrupted
sutures (4-0 Vicryl, Ethicon) and 3-6 ml of saline was administered subcutaneously. The animal
was ventilated with 100 % oxygen until autonomous breathing was regained, and the intubation
catheter was removed. At 3 days following patch implantation, animals were euthanized by CO2
inhalation. Hearts were excised and fixed in 10 % formalin for 24 h.
For implantation in the dorsal subcutaneous space, rats were anaesthetized using isoflurane
(1–2% isoflurane in oxygen) in an anesthetizing chamber. Anesthesia was maintained using a nose
cone. Back hair was removed and the animal was placed over a heating pad for the duration of the
surgery. The subcutaneous space was assessed by a 1-2 cm skin incision per implant in the center
of the animal’s back (Supplementary Fig. 15b). To create space for implant placement, blunt
dissection was performed from the incision towards the animal shoulder blades. Either a
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rectangular DST sample (n = 6, gelatin-based, 20 µm-thick; n = 6, chitosan-based, 20 µm-thick)
or a comparable volume of commercially-available tissue adhesive (n = 4, Coseal) was placed in
the subcutaneous pocket created above the incision. The incision was closed using interrupted
sutures (4-0 Vicryl, Ethicon) and 3-6 ml of saline were injected subcutaneously. Up to two
implants were placed per animal ensuring no overlap between each subcutaneous pocket created.
After 2 or 4 weeks following the implantation, animals were euthanized by CO2 inhalation.
Subcutaneous regions of interest were excised and fixed in 10 % formalin for 24 h.
Fixed tissue samples were placed into 70 % ethanol and submitted for histological
processing and hematoxylin and eosin (H&E) staining at the Hope Babette Tang (1983) Histology
Facility in the Koch Institute for Integrative Cancer Research at the Massachusetts Institute of
Technology. Histological assessment was performed by a blinded pathologist and representative
images of each group are shown in the corresponding figures.
5.8.5. Ex vivo tests
All ex vivo experiments were reviewed and approved by the Committee on Animal Care at the
Massachusetts Institute of Technology. For sealing of damaged trachea, a laceration was made on
a porcine trachea with a razor blade (1.5 cm in length). The air was then applied through tubing
connected to the upper part of the trachea (25 mmHg pressure) to visualize air-leakage from the
trachea submerged in a water bath. A hydrogel patch (2.5 cm in width and 5 cm in length) was
adhered on the damaged trachea with the DST with 5 s pressing to seal the laceration. The sealed
porcine trachea was kept for 12 h at room temperature with continuous inflation-deflation cycles
to monitor the DST-based sealing. 0.01 w/v % sodium azide was added into the water bath to avoid
tissue degradation.
For sealing of a damaged lung lobe, a laceration was made on a porcine lung lobe with a
razor blade (3 cm in length). The air was then applied through the tubing connected to upper part
of the trachea (25 mm Hg pressure) to visualize air-leakage from the lung lobe submerged in the
water bath. A hydrogel patch (2.5 cm in width and 5 cm in length) was adhered on the damaged
lung lobe by the DST with 5 s pressing to seal the laceration. The sealed porcine lung lobe was
kept for 12 h at room temperature with continuous inflation-deflation cycles to monitor the DSTbased sealing. 0.01 w/v % sodium azide was added into the water bath to avoid tissue degradation.
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For sealing of damaged stomach, a 10-mm diameter hole was punched on a porcine
stomach. A tube with flowing water was then connected upper part of the stomach to visualize
fluid-leakage from the stomach. A hydrogel patch with 40-mm diameter was adhered on the
damaged stomach by the DST by 5 s pressing to seal the hole. The sealed porcine stomach was
kept for 12 h at room temperature to monitor the DST-based sealing. 0.01 w/v % sodium azide
solution (in PBS) was sprayed on the porcine stomach to avoid tissue degradation.
For sealing of anastomosis site in small intestine, a porcine small intestine was dissected
into two pieces. Anastomosis of the dissected small intestine was made by approximating each
edge of the small intestine followed by wrapping of the DST (2.5 cm in width and 8 cm in length)
and 5 s pressing around the approximated edges. To check the fluid-tight sealing by the DST, water
was applied to the anastomosed small intestine at 60 mmHg pressure by using the microdispensor.
0.01 w/v % sodium azide solution (in PBS) was sprayed on the porcine small intestine to avoid
tissue degradation.
For the adhesion of a drug-delivery device, a cut (4 cm in length) was introduced on an
explanted porcine heart. An aorta of the heart was connected to tubing and programmed
pressurized air inputs were introduced into the porcine heart by using a microdispenser to mimic
heart beats. To prepare the drug-delivery device, 0.5 w/w % fluorescein sodium salt was added as
a mock-drug into a hydrogel patch (2.5 cm in width and 5 cm in length). The drug-loaded hydrogel
patch was then stretched to fit the cut and adhered on the beating porcine heart by the perforated
DST. The adhered drug patch on the beating heart was kept for 12 h at room temperature with
continuous beating to allow diffusion of the mock-drug into the heart tissue. The diffusion of the
mock-drug was imaged by using a fluorescence microscope (LV100ND, Nikon). For the adhesion
of a strain sensor, the DST-strain sensor hybrid was adhered on the beating porcine heart after
removing the backing. The adhered strain sensor on the beating heart was kept for 12 h at room
temperature with continuous beating, and then connected with the digital multimeter to monitor
the deformation of the beating heart. All devices were adhered on the beating porcine heart after
washout of the surfaces with PBS followed by 5 s pressing. To prevent dehydration and
degradation, a wet towel soaked with 0.01 w/v % sodium azide solution (in PBS) was covered on
the heart for experiments longer than 1 h in ambient condition.
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Chapter 6
Instant tough bioadhesive with triggerable benign detachment
6.1. Introduction
Each year, multiple millions of major surgeries are performed worldwide (182). Whereas sutures
and staples are most commonly used in these surgeries to close wounds, achieve hemostasis, and
attach implantable devices on tissues; bioadhesives including tissue adhesives, hemostatic agents,
and tissue sealants have been intensively studied as an alternative to sutures and staples because
of their potential advantages such as ease of use, air- or water-tight sealing, and minimal tissue
damage (128, 166, 183-187). However, most commercially-available bioadhesives suffer from
limitations including slow adhesion formation, weak bonding, low biocompatibility, poor
mechanical match with tissues, and/or lack of triggerable benign detachment (78, 128, 166, 184,
187). To address these challenges, several bioadhesives have been developed in recent years
including mussel-inspired adhesives (74, 145), nanoparticle solutions (81), tough hydrogel
adhesives (27, 73), UV-curable tissue adhesive glues (188, 189), and tissue double-sided tapes
(89). Despite these recent developments, to the best of our knowledge, there exists no bioadhesive
that can both form fast tough adhesion with wet tissues and be benignly detached from the adhered
tissues on-demand. In particular, the triggerable benign detachment of bioadhesives is critical to
repositioning misplaced bioadhesives and to retrieving implanted devices (78, 184). Whereas a
few reversible adhesives have been developed (190-194), they commonly rely on harsh triggering
conditions such as concentrated metallic ions, heat, or ultraviolet (UV) irradiation for the
detachment, which are not favorable for bioadhesives and the adjacent native tissues.
In this Chapter, we introduce a bioadhesive that can form instant (within 5 s) and tough
(interfacial toughness over 400 J m−2) adhesion on various wet dynamic tissues and can be
benignly detached from the adhered tissues on-demand. The bioadhesive consists of
interpenetrating networks of polyvinyl alcohol (PVA) and poly(acrylic acid) (PAA) grafted with
cleavable N-hydroxysuccinimide (NHS) ester in the dry state. The instant adhesion of the
bioadhesive relies on the removal of interfacial water from the wet tissue surface by the highly
hygroscopic PAA network in the bioadhesive (Fig. 6-1a), which simultaneously forms instant
physical crosslinking such as hydrogen bonds and electrostatic interactions to the tissue surface
(89). Subsequent covalent crosslinking of the cleavable NHS ester in the bioadhesive with primary
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amine groups on the tissue surface further improves the long-term adhesion stability and strength
(Fig. 6-1a). The triggerable detachment of the bioadhesive relies on the cleavage of the
bioadhesive’s physical and covalent crosslinks with the tissue surface by a biocompatible
triggering solution consisting of sodium bicarbonate and glutathione (Fig. 6-1b,c). Once adhered
to wet tissues, the bioadhesive becomes a tough hydrogel with the low shear modulus (20 kPa) and
high stretchability (7 times) comparable to those of soft tissues. We validate the in vivo
biocompatibility of the bioadhesive and the triggering solution based on dorsal subcutaneous
implantation in a rat model. We further provide ex vivo demonstrations of the potential applications
of the bioadhesive with triggerable benign detachment including repositioning of a misplaced
bioadhesive to seal an air leak in a porcine lung and on-demand retrieval of a bioadhesive device
from a beating porcine heart.

Figure 6-1 | Design and mechanisms of the instant, tough, and triggerably detachable bioadhesive. a.
Schematic illustration of design of the bioadhesive and dry-crosslinking and triggerable detachment
mechanisms. b. Schematic illustrations for the de-crosslinking process of cleavable physical crosslinks by
sodium bicarbonate. c. Schematic illustrations for the de-crosslinking process of cleavable covalent
crosslinks by glutathione.
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6.2. Mechanism for instant tough adhesion of bioadhesive
In wet physiological environments, biological tissues are commonly covered with a thin layer of
water (195, 196). Upon the application of bioadhesives, it becomes interfacial water between the
tissues and the applied bioadhesives, and the presence of this interfacial water can substantially
impede the formation of rapid and robust adhesion between the tissues and the bioadhesives (89).
To achieve instant tough adhesion on wet tissues, our proposed bioadhesive adopts a drycrosslinking mechanism to remove the interfacial water and form adhesion on wet tissues (89, 197)
(Fig. 6-1a). The hygroscopic PVA and PAA networks of the dry bioadhesive can absorb the
interfacial water to dry the wet tissue surfaces under gentle pressure (e.g., 1 kPa) applied for less
than 5 s (89, 197) (Fig. 6-1a). Simultaneously, the PAA network of the bioadhesive provides
abundant carboxylic acid groups that can form instant physical crosslinks (i.e. hydrogen bonds)
with the tissue surface (89, 198) (Fig. 6-1a). Furthermore, the cleavable NHS ester groups grafted
to the PAA network form stable covalent crosslinks (i.e. amide bonds) with primary amine groups
abundant on the tissue surface within a few minutes (199, 200) (Fig. 6-1a). After adhering to
tissues, the swollen bioadhesive becomes a layer thin of a highly stretchable tough hydrogel
(stretchability over 7 times and fracture toughness over 1,000 J m-2) whose favorable mechanical
properties are crucial to achieving tough adhesion of the bioadhesive (84, 85, 119, 201).

6.3. Mechanism for triggerable detachment of bioadhesive
Tough adhesion of the bioadhesive with the wet tissue surface relies on both physical and covalent
crosslinks whose relative contributions are varying at different timescales of adhesion. In the short
term (< 5 min), the instant physical crosslinks (i.e. hydrogen bonds) dominate the adhesion
between the bioadhesive and the tissue surface. The contribution of the physical crosslinks to the
adhesion decreases over time, as the equilibration and subsequent neutralization of carboxylic acid
groups in the bioadhesive deprives the bioadhesive’s ability to form physical crosslinks with the
tissue surface (Fig. 6-1b). Therefore, the contribution of the covalent crosslinks (i.e. amide bonds)
to the adhesion gradually increases in the longer term. The need for triggerable detachment of the
bioadhesive may present broadly at different timescales, including immediately after application
to reposition misplaced bioadhesives, within minutes to hours for intraoperative removal of
temporary bioadhesives for definitive surgical repair, and after days to weeks in the case of a
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removal of implanted devices. Therefore, the bioadhesive should be able to offer triggerable
detachments in an effective and biocompatible manner across a broad timeframe.

Figure 6-2 | Chemical schemes for the synthesis of functional monomer.

We design both physical and covalent crosslinks of the bioadhesive to be on-demand
cleavable by a biocompatible triggering solution (Fig. 6-1a). To cleave the physical crosslinks, we
adopt pH-dependent de-crosslinking of the physical crosslinks of hydrogen bonds by sodium
bicarbonate (SBC) (202, 203) (Fig. 6-1b). To cleave the covalent crosslinks, we introduce
cleavable disulfide bonds between the NHS ester groups and the PAA network by synthesizing a
novel functional monomer (Fig. 6-2). Upon introduction of a biocompatible reducing agent such
as glutathione (GSH) (204), a pendant thiol group in the GSH can break the disulfide bonds in the
bioadhesive into thiol groups under physiological conditions (193, 205), cleaving the covalent
crosslinks between the bioadhesive and the tissue surface (Fig. 6-1c).

6.4. Evaluation of performance of adhesion and triggerable detachment
We first validate the successful incorporation of carboxylic acid (1,698 cm-1), NHS ester (1,162
and 1,232 cm-1), and disulfide (614 cm-1) groups in the bioadhesive by the attenuated total
reflection Fourier transform infrared spectroscopy (ATR-FTIR) analysis (206) (Fig. 6-3a).
To validate the triggerable cleavage of the physical and covalent crosslinks of the
bioadhesive by the triggering solution (0.5 M SBC and 50 mM GSH in PBS), we use primary
amine-coupled fluorescent microbeads as a model to evaluate the adhesion and detachment
between the bioadhesive and the amine-rich surfaces of the microbeads (Fig. 6-3b). A fluorescent
microscope image of the bioadhesive incubated in PBS with the amine-coupled fluorescent
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microbeads for 30 min shows stably adhered microbeads on the bioadhesive, owing to the physical
and covalent crosslinks between the bioadhesive and the microbeads’ surfaces (Fig. 6-3c). We
further incubate the bioadhesive with the fluorescent microparticles in PBS alone, PBS with 0.5
M SBC, and PBS with 0.5 M SBC and 50 mM GSH for 5 min, respectively. The bioadhesive
incubated in PBS alone exhibits no significant change in the number of adhered fluorescent
microbeads (Fig. 6-3d). The bioadhesive incubated in PBS with 0.5 M SBC shows a significant
reduction in the number of adhered fluorescent microbeads, although a substantial portion of the
microbeads remains adhered (Fig. 6-3e). In contrast, the bioadhesive incubated in PBS with 0.5 M
SBC and 50 mM GSH exhibit nearly complete detachment of the adhered fluorescent microbeads
(Fig. 6-3f). These results indicate that the adhesion of the microbeads’ amine-rich surfaces on the
bioadhesive is stable under physiological conditions and that their complete triggered detachment
requires the cleavage of both physical crosslinks (by SBC) and covalent crosslinks (by GSH).
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Figure 6-3 | Triggerable detachment of the bioadhesive. a. FTIR spectra of the bioadhesive with
associated peaks for carboxylic acid (1,698 cm-1), disulfide (614 cm-1), and NHS ester (1,162 and 1,232 cm1
) functional groups. b. Schematic illustrations for validation of triggerable detachment based on fluorescent
primary amine-coupled microbeads. c-f. Fluorescent microscope images for the bioadhesive sample in the
initial state (c), 5 min after incubation in PBS (d), PBS with 0.5 SBC (e), and PBS with 0.5 M SBC and 50
mM GSH (f). g. Photograph of 180-degree peel test setup for the measurement of interfacial toughness. hj. Interfacial toughness between the bioadhesive and wet porcine skin tissues 5 min after applying various
solutions in short-term (h), intermediate-term (i), and long-term (j) adhesion. Values in h-j represent the
mean and the standard deviation (n = 4). P values are determined by a Student’s t-test; ns, not significant
(p > 0.05); * p ≤ 0.05; ** p ≤ 0.01; *** p ≤ 0.001. Scale bars are shown in images.

To investigate the effect of the proposed triggerable detachment mechanism on the
adhesion performance, we measure the interfacial toughness between the bioadhesive and wet
porcine skin tissues, following the standard test for tissue adhesives (180-degree peel test, ASTM
F2256) (Fig. 6-3g). As shown in Fig. 6-3h-j, the bioadhesive can form tough adhesion with
interfacial toughness over 400 J m-2 on wet porcine skin tissues upon contact and gentle pressure
(1 kPa) application for less than 5 s, demonstrating the capability of instant tough adhesion.
Furthermore, the bioadhesive can form instant tough adhesion under various physiological pH
conditions, potentially allowing its use in various places in the human body (Fig. 6-4).

Figure 6-4 | Effect of pH on the adhesion performance. a. Various pH values in human body. b.
Interfacial toughness between the bioadhesive and wet porcine skin tissues incubated in various pHadjusted PBS. Values in b represent the mean and the standard deviation (n = 3). P values are determined
by one-way ANOVA and Tukey’s multiple comparison test; ns, not significant (p > 0.05).
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We next apply PBS alone, PBS with 50 mM GSH, PBS with 0.5 M SBC, and PBS with
0.5 M SBC and 50 mM GSH to the bioadhesive adhered to the porcine skin followed by the
interfacial toughness measurements (Fig. 6-5). For the short-term adhesion (triggering solutions
applied 1 min after adhesion formation), the samples treated with the solutions containing SBC
(PBS with 0.5 M SBC, PBS with 0.5 M SBC and 50 mM GSH) show a significant reduction in the
measured interfacial toughness, while the samples treated with the solution containing GSH alone
(PBS with 50 mM GSH) exhibit negligible difference from the samples treated with PBS alone
(Fig. 6-3h). This means that SBC and its capability to cleave the physical crosslinks play a critical
role in the triggerable detachment of the short-term adhesion. For the intermediate-term adhesion
(solutions applied 30 min after adhesion formation), all other samples exhibit a substantial
decrease in the measured interfacial toughness compared to the samples treated with PBS alone.
Also, the samples treated with the solution containing both SBC and GSH (PBS with 0.5 M SBC
and 50 mM GSH) demonstrate significantly lower interfacial toughness than the samples treated
with the solution containing either SBC or GSH (PBS with 50 mM GSH or PBS with 0.5 M SBC)
(Fig. 6-3i). This means that both SBC and GSH and their capability to cleave the physical
crosslinks and the covalent crosslinks play a critical role in the triggerable detachment of the
bioadhesive after intermediate-term adhesion. For the long-term adhesion (solutions applied 12 h
after adhesion formation), the samples treated with the solutions containing GSH (PBS with 50
mM GSH and PBS with 0.5 M SBC and 50 mM GSH) show significant lower interfacial toughness
than other samples.

Figure 6-5 | The efficiency of the triggerable detachment of the bioadhesive. a. Interfacial toughness
between the bioadhesive and wet porcine skin tissues without triggering and 1, 5, 10, and 30 min after the
application of the triggering solution. b. Representative force/width vs. displacement curves for the 180-
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degree peel tests. Values in a represent the mean and the standard deviation (n = 4). P values are determined
by a Student’s t-test; ns, not significant (p > 0.05); * p ≤ 0.05.

Also, the samples treated with the solution containing SBC alone (PBS with 0.5 M SBC)
exhibit negligible difference from the samples treated with PBS alone (Fig. 6-3j). This means that
GSH and its capability to cleave the covalent crosslinks play a critical role in triggerable
detachment of the long-term adhesion. These results validate that the triggering solution of PBS
with 0.5 M SBC and 50 mM GSH can cleave both physical crosslinks (by SBC) and covalent
crosslinks (by GSH) and to substantially decrease the interfacial toughness across a broad
timeframe after the formation of adhesion (Fig. 6-1).

Figure 6-6 | In vivo applicability and biocompatibility of the bioadhesive. a. Photographs for instant
robust adhesion and triggerable benign detachment of the bioadhesive in rat subcutaneous space in vivo. bd. Representative histological images stained with H&E for biocompatibility assessment of the sham
surgery (b), the triggered detachment of the bioadhesive (c), and the implanted bioadhesive (d). e. Degree
of inflammation of the sham surgery, the triggered detachment of the bioadhesive, and the implanted
bioadhesive groups evaluated by a blinded pathologist (0, normal; 1, very mild; 2, mild; 3, moderate; 4,
severe; 5, very severe) after 2 weeks of subcutaneous implantation. SM and GT indicate skeletal muscle
and granulation tissue, respectively. All experiments are repeated four times with similar results. Values in
e represent the mean and the standard deviation (n = 4). P values are determined by a Student’s t-test; ns,
not significant (p > 0.05). Scale bars are shown in images.

6.5. Evaluation of in vivo applicability and biocompatibility
To evaluate the bioadhesive’s capability of forming rapid, robust, and triggerably detachable
adhesion to wet tissues in vivo, we adhere the bioadhesive to a muscular layer of a rat subcutaneous
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space followed by a triggered detachment of the bioadhesive on-demand (Fig. 6-6a). We find that
the bioadhesive can be adhered to the muscular layer of the rat after gently pressing for 5 s, forming
adhesion robust enough to resist pulling apart by tweezers. To detach the adhered bioadhesive ondemand, we apply the triggering solution in the subcutaneous space of the rat for 5 min, which
allows benign removal of the bioadhesive patch without observable damage to the underlying
tissue surface (Fig. 6-6a). We further evaluate the in vivo biocompatibility of the bioadhesive and
the triggerable detachment process in a rat dorsal model of subcutaneous implantation (Fig. 6-6be). The histological assessment made by a blinded pathologist indicates that the triggering solution
and the triggerable detachment process generate a mild inflammatory reaction comparable to that
generated by the sham control group (surgery without implantation) at 2 weeks after the surgeries
(Fig. 6-6b,c,e). Furthermore, the histological assessment of the bioadhesive implanted for 2 weeks
shows a mild to moderate inflammatory reaction (Fig. 6-6d,e). These results support the
biocompatibility of the bioadhesive and the triggerable detachment of the bioadhesive.

6.6. Potential applications
Triggerable and atraumatic on-demand detachment of bioadhesives can find potential applications
in various clinical scenarios in different timeframes. In the short term, the bioadhesives can
accidentally be applied incorrectly on the tissue surface, which requires the immediate correction
for appropriate surgical treatment. In such clinical scenarios, the triggerable detachment of the
bioadhesive can allow prompt revision of the incorrectly applied bioadhesive without causing
damage to the underlying tissue (207). In the intermediate term, emergency treatments of clinically
unstable patients frequently require subsequent definitive surgical repair after the initial surgery.
In such clinical scenarios, the triggerable detachment of the bioadhesive can allow on-demand
removal of the bioadhesive during the definitive surgical repair after temporary organ sealing for
the initial damage control surgeries over hours. In the long term, various medical devices such as
cannulae and drains in cardiac surgeries and drug depots in localized cancer chemotherapies
require subsequent removal after several days to weeks of implantation. In such clinical scenarios,
the instant tough bioadhesive with triggerable detachment can provide both secure fixations as
well as atraumatic retrieval of the devices.
To investigate potential applications of the benignly detachable bioadhesive, we
demonstrate ex vivo proof-of-principle applications on porcine organs. To demonstrate potential
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advantages of the instant tough adhesion and triggerable benign detachment of our bioadhesive in
such situations, we show the successful repositioning of a bioadhesive that initially only
incompletely sealed a lacerated porcine lung (3 cm incision) (Fig. 6-7a). As shown in Fig. 6-7b,
the incorrectly adhered bioadhesive can be easily removed in a facile and benign manner within 5
min after applying the triggering solution. Importantly, subsequent application of a new
bioadhesive yields the rapid formation of air-tight sealing of the porcine lung without
compromising the adhesion performance (Fig. 6-8).

Figure 6-7 | Potential applications of the bioadhesive. a,b, Schematic illustrations (a) and photographs
(b) for correction of a misplaced bioadhesive and instant sealing of a lacerated ex vivo porcine lung by the
bioadhesive. c,d, Schematic illustrations (c) and photographs (d) for a patterned bioadhesive for facile
transport and diffusion of the triggering solution for impermeable devices. e,f, Schematic illustrations (e)
and photographs (f) for instant robust adhesion and on-demand removal of a bioadhesive device on a beating
ex vivo porcine heart.

In another example, we demonstrate instant robust integration and on-demand removal of
bioadhesive devices on wet dynamic tissues. Since many devices are not readily permeable to the
triggering solution, we design a patterned bioadhesive to facilitate the transport and diffusion of
the triggering solution to the adhesion interface (Fig. 6-7c). As shown in Fig. 6-7d, a patterned
bioadhesive on an impermeable thermoplastic polyurethane (TPU) film allows facile transport and
diffusion of the triggering solution (red-colored by a food dye) across the adhered device. We
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further demonstrate that a mock device consisting of a gold-coated polyimide and a patterned
bioadhesive can form rapid and robust adhesion onto a beating ex vivo porcine heart (by
introducing pressurized air inputs to mimic heartbeats) and can be removed on-demand (Fig. 67e). Owing to the instant tough adhesion capability of the bioadhesive, the bioadhesive device can
form robust and stable adhesion on the beating porcine heart within 5 s of application. Also, the
application of the triggering solution allows benign and atraumatic removal of the adhered device
in 5 min (Fig. 6-7f). The bioadhesive’s capability to form instant robust adhesion on wet dynamic
tissues and be benignly detached on demand may find particular advantages for integration and
potential atraumatic removal of implantable devices.

Figure 6-8 | Effect of triggerable detachment and re-application of bioadhesive on the adhesion
performance. a, Schematic illustrations for triggerable detachment and re-application of the bioadhesive.
b, Interfacial toughness between wet porcine skin tissues and the bioadhesive originally applied and reapplied on the same tissue after triggerable detachment. Values in b represent the mean and the standard
deviation (n = 3). P values are determined by a Student’s t-test; ns, not significant (p > 0.05).

6.7. Conclusion
In this Chapter, we introduce a bioadhesive that synergistically incorporates the mechanisms of
dry-crosslinking and cleavable bonds to enable its instant tough adhesion on wet tissues and
triggerable benign detachment from the adhered tissues, respectively. We systematically
investigate the mechanisms, adhesion and triggerable-detachment performances, in vivo
applicability and biocompatibility, as well as proof-of-principle applications of the proposed
bioadhesive to facilitate its clinical adoption and translation. The unique advantages of the instant
tough bioadhesive with triggerable benign detachment can potentially address the limitations of
existing tissue adhesives and may broaden the applications of bioadhesives in practice.
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6.8. Materials and Methods
6.8.1. Synthesis of NHS ester functionalized monomer with disulfide bond
To prepare NHS ester functionalized monomer with disulfide bond, 2,2’ disulfanediyldiacetic acid
(1.8 g, 10.0 mmol), and acetic anhydride (8.0 mL) were added to a 100-mL round-bottomed flask
equipped with a magnetic stirring bar. The mixture was stirred at room temperature for 3 h to
obtain a homogeneous solution (Fig. 6-2a). Then, the solvent was removed in vacuo to afford
1,4,5-oxadithiepane-2,7-dione as a light-yellow oil. The oil was directly transferred into the
mixture of 2-hydroxyethyl methacrylate (1.9 g, 15.0 mmol), 4-dimethylaminopyridine (DMAP;
12.0 mg, 1.0 mmol), and 15 mL of anhydrous dichloromethane (DCM). The solution was stirred
at room temperature overnight and then the reaction was finalized by adding 30 ml of saturated
NaHCO3 solution (Fig. 6-2b). Then, the mixture was acidified with 1 M HCl to pH = 2.0 and
extracted with DCM. The organic phase was dried over Na2SO4 and concentrated under reduced
pressure. The crude product was purified by flash column chromatography on silica gel with a
mixture

of

MeOH

and

DCM

(v/v

=

1/20)

as

the

eluent

to

afford

6-(2-

(methacryloyloxy)ethoxy)hept-6-enoic acid. The 6-(2-(methacryloyloxy)ethoxy)hept-6-enoic acid
(2.94g 10.0 mmol) was then dissolved in 30 ml anhydrous DCM and stirred with Nhydroxysuccinimide (NHS; 1.15g, 10 mmol) in an ice bath for 30 mins. Then 1-[3(dimethylamino)propyl]-3-ethylcarbodiimide hydrochloride (EDC; 1.55 g, 10 mmol) in 20 ml
DCM was added dropwise into the above mixture. The solution was stirred overnight under a
nitrogen atmosphere at room temperature (Fig. 6-2c). The crude product was purified by flash
column chromatography on silica gel with a mixture of petroleum ether and ethyl acetate (v/v =
1/1) as the eluent to afford the product as a colorless liquid. 1H NMR (400 MHz, CDCl3, δ): 6.17
(p, 1H, -CH2), 5.59 (q, 1H, -CH2), 4.44-4.33 (m, 4H, -OCH2CH2O-), 3.83-3.68 (d, 4H, CH2SSCH2-), 2.85 (s, -CH2-CH2-) 1.94 (s, 3H, -CH3).
6.8.2. Preparation of the bioadhesive
To prepare the bioadhesive, polyvinyl alcohol (PVA; Mw = 146,000-186,000, 7 w/w %), acrylic
acid (AAc; 35 w/w %), α-ketoglutaric acid (0.2 w/w %), and poly(ethylene glycol methacrylate)
(PEGDMA; Mn = 550, 0.05 w/w %) were dissolved in deionized water. Then, we dissolved 100
mg functional monomer (NHS ester functionalized monomer with disulfide bond) in 1 ml acetone
and added to 10 ml of the above stock solution to get a precursor solution. The precursor solution
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was then poured on a glass mold with spacers (the thickness is 210 μm unless otherwise mentioned)
and cured in ultraviolet light (UV) chamber (284 nm, 10 W power) for 30 min. As a non-adhesive
layer, 10 w/w % thermoplastic polyurethane solution was spin-coated on the cured bioadhesive at
400 rpm for 30 s and dried completely. The prepared bioadhesives were sealed in plastic bags with
desiccant (silica gel packets) and stored at –20 ℃ before use. To pattern the bioadhesive, a large
sheet of bioadhesive was cut into various patterns using a laser cutter (Epilog). Weighing paper
(VWR) was used as a removable liner for the bioadhesive.
6.8.3. Preparation of the triggering solution
To prepare the triggering solution, 0.5 M sodium bicarbonate (SBC) and L-glutathione reduced
(GSH) were dissolved in PBS. The triggering solution was filtered by using a 0.2-µm sterile
syringe filter before use. For validation of the triggerable detachment of the bioadhesive, the
bioadhesive was incubated in PBS with primary amine-coupled fluorescent microbeads
(FluoSpheresTM, Thermo Fisher Scientific) for 30 min in room temperature. Then, the samples
were further incubated in various triggering solutions for 5 min followed by thorough washing
with clean PBS to remove non-adhered microparticles. The presence of the adhered microbeads
was characterized by using a fluorescence microscope (LV10, Nikon) and the number of the
adhered microbeads was counted by using Image-J.
6.8.4. Mechanical tests
For tissue samples stored more than 10 min before mechanical tests, the samples were covered
with a large amount of 0.01 w/v % sodium azide solution (in PBS) spray and sealed in plastic bags
to prevent degradation and dehydration of the tissues. Unless otherwise indicated, all tissues and
engineering solids were adhered to by the DST after washout of the surfaces with PBS followed
by 5 s pressing (with 1 kPa pressure applied by either mechanical testing machine or equivalent
weight). To measure interfacial toughness, adhered samples with widths of 2.5 cm were prepared
and tested by the standard 180-degree peel test (ASTM F2256) using a mechanical testing machine
(2.5 kN load-cell, Zwick/Roell Z2.5). All tests were conducted with a constant peeling speed of
50 mm min-1. The measured force reached a plateau as the peeling process entered the steady-state.
Interfacial toughness was determined by dividing two times the plateau force by the width of the
tissue sample. Hydrophilic nylon filters (1 µm pore size, TISCH Scientific) were applied as a stiff
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backing for the bioadhesive. Poly(methyl methacrylate) films (with a thickness of 50 µm;
Goodfellow) were applied using cyanoacrylate glue (Krazy Glue) as a stiff backing for the tissues.
Unless otherwise indicated, the interfacial toughness was measured 5 min after applying the
triggering solution.
6.8.5. Ex vivo tests
All ex vivo experiments were reviewed and approved by the Committee on Animal Care at the
Massachusetts Institute of Technology. For the correction of misplaced bioadhesive, a laceration
was made on a porcine lung lobe with a razor blade (3 cm in length). The air was then applied
through the tubing connected to the upper part of the trachea (25 mmHg pressure) to visualize airleakage. A bioadhesive (2.5 cm in width and 5 cm in length) was applied on the damaged lung
lobe with 5 s pressing to partially cover the laceration to represent misplacement and incomplete
sealing. The misplaced bioadhesive was covered with medical gauze and the triggering solution
was applied to the gauze. 5 min after the application of the triggering solution, the misplaced
bioadhesive was removed by tweezers. To seal the exposed laceration, a new bioadhesive was
applied to fully cover the laceration and the air-tight sealing was confirmed by cyclic inflation and
deflation of the porcine lung.
For the adhesion and on-demand removal of bioadhesive device, a mock device with goldcoated polyimide and patterned bioadhesive (2 cm in width and 4 cm in length, bioadhesive pattern
with 1 mm width and 1.5 mm gap) was adhered on a beating ex vivo porcine heart. An aorta of the
heart was connected to tubing and programmed pressurized air inputs were introduced into the
porcine heart by using a microdispenser (UltimusTM V, Nordson EFD) to mimic heartbeats. The
adhered device on the beating heart was kept for 3 h at room temperature with continuous beating,
and then checked for robust adhesion pulling by tweezers. The bioadhesive device was covered
with medical gauze and the triggering solution was applied to the gauze. 5 min after the application
of the triggering solution, the bioadhesive device was removed by tweezers and the surface of the
porcine heart was examined for tissue damage. To prevent dehydration and degradation, a wet
towel soaked with 0.01 w/v % sodium azide solution (in PBS) was covered on the heart for
experiments longer than 1 h in ambient condition.
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Chapter 7
Barnacle-inspired paste for instant hemostatic tissue sealing
7.1. Introduction
Major perioperative hemorrhage is common clinical problem (up to 15 % of cardiac surgeries
(208)) with detrimental clinical outcomes including tripling of patient mortality, > 80% increase
in hospital length of stay (LOS), and > 50% longer intensive care unit (ICU) LOS (209). The
perioperative hemorrhage becomes even more challenging problem under anticoagulation (ACA)
setting or coagulopathic patients with five-fold increase in incidence of major perioperative
hemorrhage in surgeries for anticoagulated patients (210). Over the past 30 years, various topical
hemostatic agents have been developed to provide hemorrhage control. Despite numerous
academic developments and commercial hemostatic agents in the market, the innovation in
hemostatic mechanism of existing technologies have been very little. Most of existing hemostatic
agents achieve hemostasis by augmenting or hasten blood coagulation either by coagulation factor
concentration by rapid water absorption (e.g., QuickClot) or delivery of procoagulant delivery (e.g.,
fibrin-based Tisseel, thrombin-based Floseal) (78, 124-128).
However, hemostasis through blood coagulation cannot yield immediate hemorrhage
control due to the inherently gradual nature of blood clot formation. Furthermore, rapid blood flow
through a wound bed can wash out any forming blood clot, potentially limiting the efficacy and
duration of hemostasis. Moreover, since ACA suppresses the native blood coagulation and
hemostasis pathways, it not only significantly increases the frequency of hemorrhage but also
renders the hemostasis based on traditional methods based on facilitation or supporting of
coagulation cascade substantially less effective (130) for anticoagulated or coagulopathic patients.
To alleviate the limitations of the blood coagulation-based approach, few alternative adhesive
hemostats (e.g., HemCom, Hemopatch) have been explored as a modality to achieve coagulationindependent rapid hemostasis (211, 212). However, these devices have very limited clinical
efficacy due to their slow and weak adhesion to bleeding tissues and inability to seal complex and
irregular wound to achieve hemostasis (128, 131, 132, 134).
In this Chapter, we demonstrate that the barnacle-inspired paste based on the repelcrosslinking mechanism (details of the repel-crosslinking mechanism are discussed in Chapter 4)
can enable instant, robust, and coagulation-independent hemostatic tissue sealing. Not only does
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it instantly and tightly form hemostatic sealing of the bleeding wound, it also obviates the need for
additional equipment or preparation steps such as UV light curing, heat, or mixing. This rapid,
simple, and straightforward application process of the barnacle-inspired paste renders it
particularly well-suited for diverse surgeries and possibly even first responder settings.
Furthermore, the thixotropic texture of the barnacle-inspired paste allows it to be directly
applied/injected into complex and irregular bleeding injuries with the high degree of flexibility in
use and intuitive application.

7.2. Adhesion performance of the barnacle-inspired paste
To evaluate the adhesion performance of the barnacle-inspired paste, we conduct three different
types of mechanical tests to measure interfacial toughness (180-peel tests, ASTM F2256), shear
strength (lap-shear tests, ASTM F2255), and tensile strength (tensile tests, ASTM F2258),
respectively. The barnacle-inspired paste forms robust adhesion (interfacial toughness over 240 J
m-2) between blood-covered porcine skin after gentle pressure (10 kPa) application for 5 s,
demonstrating the instant blood-resistant sealing capability (Fig. 7-1a). The tissues sealed created
by the barnacle-inspired paste shows no significant deterioration in the measured interfacial
toughness (p = 0.78) over 48 h after the initial pressing (Fig. 7-1b). The barnacle-inspired pate
demonstrates superior adhesion performance compared to existing commercially-available tissue
adhesives, including gelatin-based hemostatic adhesives (Surgiflo®), fibrin-based hemostatic
adhesives (Tisseel, TachoSil®), albumin-based adhesives (BioGlue®), PEG-based adhesives
(Coseal), and cyanoacrylate adhesives (Histoacryl®). These commercially-available tissue
adhesives exhibit relatively slow adhesion formation (longer than 1 min) and limited adhesion
performance on blood-covered porcine skin (interfacial toughness lower than 30 J m-2 and
shear/tensile strength lower than 20 kPa) (Fig. 7-1c-e). In contrast, the barnacle-inspired paste can
form instant robust adhesion with interfacial toughness over 240 J m-2, shear strength over 70 kPa,
and tensile strength over 50 kPa within 5 s, substantially outperforming the commercially-available
tissue adhesives and glues (Fig. 7-1c-e). Furthermore, the barnacle-inspired paste is applicable for
a broad range of tissues covered by blood to form robust adhesion with high interfacial toughness
(over 240 J m-2 for skin, 150 J m-2 for aorta, 140 J m-2 for heart, 330 J m-2 for muscle), shear and
tensile strength (over 70 kPa for skin, 55 kPa for aorta, 45 kPa for heart, 50 kPa for muscle) in less
than 5 s (Fig. 7-1f-h). Furthermore, the barnacle-inspired paste can form instant robust sealing of
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tissues covered by other body fluids such as mucus and gastric juice, potentially offering a broader
applicability for sealing of various tissues beyond the clinical context of hemostasis (Fig. 7-1f-h).
Notably, the barnacle-inspired glue’s superior adhesion performance can also be achieved based
on various hydrophobic matrix materials other than silicone oil such as soybean oil.

Figure 7-1 | Adhesion performance of the barnacle-inspired paste. a, Interfacial toughness vs. pressing
time of blood-covered porcine skin sealed by the barnacle-inspired paste. b, Interfacial toughness vs.
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storage time of blood-covered porcine skin sealed by the barnacle-inspired paste. c-e, Comparison of
interfacial toughness (c), shear strength (d), and tensile strength (e) of blood-covered porcine skin sealed
by the barnacle-inspired paste and various commercially-available products. f-h, Interfacial toughness (f),
shear strength (g), and tensile strength (h) of various tissues covered by blood or mucus sealed by the
barnacle-inspired paste. Values represent the mean and the standard deviation (n = 3-4). Statistical
significance and p values are determined by one-way ANOVA and Tukey’s multiple comparison test; ns,
not significant; * p ≤ 0.05; ** p ≤ 0.01; *** p ≤ 0.001.

Figure 7-2 | Biocompatibility of the barnacle-inspired paste. a, In vitro cell viability of rat
cardiomyocytes based on LIVE/DEAD assay after 24-h culture in control media (DMEM), Cosealincubated media, and the barnacle-inspired paste-incubated media (bottom-right panel). Representative
confocal images of the LIVE/DEAD assay for control (top-left panel), Coseal (top-right panel), and the
barnacle-inspired paste (bottom-left panel). DMEM, Dulbecco's Modified Eagle Medium. b,c,
Representative histology images stained with hematoxylin and eosin (H&E) for Coseal and the barnacleinspired paste after rat subcutaneous implantation for 1 day (b) and 2 weeks (c). 4 independent experiments
were conducted with similar results. d, Degree of inflammation evaluated by a blinded pathologist (0,
normal; 1, very mild; 2, mild; 3, severe; 4, very severe). e-h, Representative immunofluorescence images
of Coseal (e) and the barnacle-inspired paste (f) after rat subcutaneous implantation for 1 day; Coseal (g)
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and the barnacle-inspired paste (h) after rat subcutaneous implantation for 2 weeks. Cell nuclei are stained
with 4′,6-diamidino-2-phenylindole (DAPI, Blue). Green fluorescence corresponds to the expression of
fibroblast (αSMA), type 1 collagen (Collagen-I), T-cell (CD3), and macrophage (CD68), respectively. i-l,
Normalized fluorescence intensity from the immunofluorescence images for Coseal and the barnacleinspired paste after rat subcutaneous implantation for 1 day (i), 3 days (j), 1 week (k), and 2 weeks (l).
Values in a,d,i-l represent the mean and the standard deviation (n = 4 independent samples). Statistical
significance and p values are determined by two-sided Student t-test; ns, not significant; * p ≤ 0.05.

7.3. Biocompatibility and biodegradability of the barnacle-inspired paste
To evaluate biocompatibility and biodegradability of the barnacle-inspired paste, we perform in
vitro and in vivo characterizations based on rat models (Fig. 7-2). A cell culture media (DMEM)
conditioned with the barnacle-inspired paste exhibits comparable in vitro cytotoxicity of rat
cardiomyocytes to a control (pristine DMEM) after 24-hour culture (Fig. 7-2a). We evaluate in
vivo biocompatibility of the barnacle-inspired paste based on dorsal subcutaneous implantation in
rat models for various time points from 1 day to 2 weeks (Figs. 7-2b,c and 7-3a,b). Histological
assessment by a blinded pathologist demonstrates that the barnacle-inspired paste elicits very mild
to mild inflammation comparable to a commercially-available U.S. Food and Drug Administration
(FDA)-approved tissue adhesive Coseal at all time points (p = 0.39 for 1 day, p = 0.54 for 3 days,
p = 0.67 for 1 week, p = 0.21 for 2 weeks,

Fig. 7-2d). To further investigate in vivo

biocompatibility of the barnacle-inspired paste, we perform immunofluorescence staining of
various markers for fibroblast (αSMA), type 1 collagen (Collagen I), T-cell (CD3), and
macrophage (CD68) related to inflammatory and foreign body responses (Figs. 7-2e-h and 7-3cf). The normalized immunofluorescence intensity analysis shows that the barnacle-inspired paste
induces no significant difference in the expression of αSMA, Collagen I, CD3, and CD68
compared to that of Coseal for all time points (Fig. 7-2i-l). Notably, the barnacle-inspired paste
exhibits gradual biodegradation via resorption by macrophages over a longer period of
implantation (Fig. 7-4a-c), and the rate of biodegradation can be accelerated by using faster
degrading materials such as gelatin to replace chitosan in the bioadhesive microparticles (Fig. 74d).
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Figure 7-3 | Histology and immunofluorescence images of the subcutaneous implants. a,b,
Representative histology images stained with hematoxylin and eosin (H&E) for Coseal and the barnacleinspired paste after rat subcutaneous implantation for 3 days (a) and 1 week (b). 4 independent experiments
were conducted with similar results. c-f, Representative immunofluorescence images of Coseal (c) and the
barnacle-inspired paste (d) after rat subcutaneous implantation for 3 days; Coseal (e) and the barnacleinspired paste (f) after rat subcutaneous implantation for 1 week. Cell nuclei are stained with 4′,6diamidino-2-phenylindole (DAPI, Blue). Green fluorescence corresponds to the expression of fibroblast
(αSMA), type 1 collagen (Collagen-I), T-cell (CD3), and macrophage (CD68), respectively.

Figure 7-4 | In vivo degradation of the barnacle-inspired paste. a-c, Representative histology images
stained with hematoxylin and eosin (H&E) for the barnacle-inspired paste after rat subcutaneous
implantation for 2 weeks (a), 4 weeks (b), and 8 weeks (c). 4 independent experiments were conducted with
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similar results. d, Representative histology image stained with hematoxylin and eosin (H&E) for the
gelatin-based barnacle-inspired paste after rat subcutaneous implantation for 2 weeks. 4 independent
experiments were conducted with similar results.

7.4. Instant hemostatic tissue sealing by the barnacle-inspired paste
The barnacle-inspired paste’s unique capability of forming instant robust adhesion on bloodcovered tissues can be advantageous for rapid and coagulation-independent hemostatic sealing of
various tissues in clinical and biomedical applications. To evaluate instant hemostatic tissue
sealing capability of the barnacle-inspired paste, we demonstrate hemostatic sealing in models of
ex vivo porcine aortic and in vivo rat liver and heart injuries. Within 5s, the barnacle-inspired paste
can form instant hemostatic sealing of a bleeding ex vivo porcine aorta (3-mm hole; blood flow
pressure at 150 mmHg) through which an anticoagulated (heparinized) porcine blood bath is
circulated (Fig. 7-5). The aorta, sealed by the barnacle-inspired paste, maintains a seal under
continuous blood flow and can withstand a supraphysiological pressure (250 mmHg) without
leakage 6 h after the application and under continuous flow. Importantly, filtering of the blood
bath with a mesh (100-µm mesh size) after the test (closed-loop flow for 6 h) does not yield any
evidence of released free-floating bioadhesive microparticles. This demonstrates the robust
hemostatic sealing by the barnacle-inspired paste and a low potential risk of microparticle
embolization (Fig. 7-5b). We further quantitatively evaluate the strength of hemostatic sealing
based on a standard burst pressure measurement (ASTM F2392-04). The barnacle-inspired paste
shows a burst pressure over 350 mmHg, significantly exceeding the normal systolic arterial blood
pressure in human (~ 120 mmHg) and the burst pressure of hemostatic sealing made by sutures
and commercially-available hemostatic sealants (Surgiflo®, Tisseel, Tachosil®) (Fig. 7-5c).
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Figure 7-5 | Instant and coagulation-independent hemostatic sealing of aorta by the barnacle-inspired
paste. a, Instant hemostatic sealing of an ex vivo porcine aorta by the barnacle-inspired paste. A heparinized
porcine blood is used to ensure coagulation-independent hemostatic sealing. b, Images of a filtered porcine
blood bath with a 100-µm mesh after 6 h continuous flow through a sealed ex vivo porcine aorta. c, Burst
pressure of porcine aorta sealed by the barnacle-inspired paste and commercially-available products. Values
in c represent the mean and the standard deviation (n = 3 independent samples). Statistical significance and
p values are determined by two-sided Student t-test; *** p ≤ 0.001.

Figure 7-6 | Instant hemostatic sealing of liver by the barnacle-inspired paste. a, Instant hemostatic
sealing of a bleeding rat liver in vivo by the barnacle-inspired paste. b, Excised rat liver 2 weeks after
hemostatic sealing by the barnacle-inspired paste. c,d, Time to hemostasis (c) and blood loss until
hemostasis (d) for hepatic bleeding without treatment (injury), Surgicel, Coseal, and the barnacle-inspired
paste. e, Representative histology images stained with hematoxylin and eosin (H&E) for injured liver
without treatment (injury) and hemostatic sealing formed by Surgicel, Coseal, and the barnacle-inspired
paste 2 weeks after hemostasis. 4 independent experiments were conducted with similar results. f,g,
Representative immunofluorescence images for injured liver without treatment (injury) and with hemostatic
sealing by Surgicel, Coseal, and the barnacle-inspired paste 2 weeks after hemostasis. Cell nuclei are stained
with 4′,6-diamidino-2-phenylindole (DAPI, Blue). Green fluorescence corresponds to the expression of Tcell (CD3, f) and macrophage (CD68, g), respectively. h,i, Normalized fluorescence intensity from the
immunofluorescence images for CD3 (h) and CD68 (i). Values in c,d,h,i represent the mean and the
standard deviation (n = 4 independent samples). Statistical significance and p values are determined by
two-sided Student t-test; ns, not significant; * p ≤ 0.05; ** p ≤ 0.01; *** p ≤ 0.001.
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To quantitatively evaluate the hemostatic sealing capability of the barnacle-inspired paste
in vivo, we measure the time to hemostasis and blood loss until hemostasis based on rat hepatic
and cardiac hemostasis models (Figs. 7-6 and 7-7). The barnacle-inspired paste can form
hemostatic sealing of bleeding liver (5-mm diameter and 2-mm depth injury) and heart (2-mm
diameter ventricular wall injury) within 5 s (Figs. 7-6a and 7-7a), giving significantly less time to
hemostasis (Figs. 7-6c and 7-7c) and blood loss until hemostasis (Figs. 7-6d and 7-7d) compared
to the injury group (without hemostasis) and commercially-available hemostatic agents Surgicel
and Coseal. Notably, the injury, Surgicel, and Coseal groups are not able to form hemostatic
sealing of heart due to the high pressure and high volume bleeding from a ventricular injury (Fig.
7-7c,d), whereas the barnacle-inspired paste can form instant hemostatic sealing of a ventricular
injury within 5 s, restoring the normal intraventricular blood pressure immediately after hemostasis
(Fig. 7-7e).

Figure 7-7 | Instant hemostatic sealing of heart by the barnacle-inspired paste. a, Instant hemostatic
sealing of a bleeding rat heart in vivo by the barnacle-inspired paste. b, Excised rat heart 2 weeks after
hemostatic sealing by the barnacle-inspired paste. c,d, Time to hemostasis (c) and blood loss until
hemostasis (d) for cardiac bleeding without treatment (injury), Surgicel, Coseal, and the barnacle-inspired
paste. e, Intraventricular blood pressure and heart rate of a rat heart before injury, after injury (2-mm biopsy
punch), and after hemostatic sealing by the barnacle-inspired paste. bpm, beats per minute. f,g,
Representative histology images stained with Masson’s trichrome for injured heart with hemostatic sealing
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by the barnacle-inspired paste right after (f) and 2 weeks after (g) hemostasis. 4 independent experiments
were conducted with similar results. Values in c,d represent the mean and the standard deviation (n = 4
independent samples). Statistical significance and p values are determined by one-way ANOVA and
Tukey’s multiple comparison test; ** p ≤ 0.01; *** p ≤ 0.001.

We also demonstrate that the barnacle-inspired paste maintains a seal on the injured liver
and heart 2 weeks after the initial hemostatic application (Figs. 7-6b and 7-7b). Furthermore,
histological analysis of the sealed liver and heart tissues indicates that the barnacle-inspired paste
allows cell infiltration into the crosslinked bioadhesive microparticles and healing of the
underlying injuries (Figs. 7-6e and 7-7f,g). Immunofluorescence analysis of inflammatory and
foreign body response markers (CD3 for T-cell; CD68 for macrophage) shows that the barnacleinspired paste induces the expression of CD3 and CD68 comparable to that of Coseal and
significantly lower than that of Surgicel (Fig. 7-6f-i). Furthermore, complete blood count (CBC)
and blood chemistry analysis of the animals 2 weeks after hemostatic sealing demonstrates that
the barnacle-inspired paste does not show significant difference in inflammation-related blood
cells and markers for organ-specific diseases compared to the healthy animals.

7.5. Conclusion
In this Chapter, we introduce the barnacle-inspired paste that incorporates a unique biologicallyinspired design and repel-crosslinking mechanism to address the limitations of existing hemostatic
agents and tissue adhesives. This study provides an effective tool for instant and coagulationindependent hemostasis, wound closure, and surgical repair, potentially offering a promising
solution to life-threatening critical clinical challenges. The barnacle-inspired repel-crosslinking
mechanism may further offer valuable insights for the design and development of adhesives in wet
and contaminated environments.

7.6. Materials and Methods
7.6.1. Mechanical tests
Unless otherwise indicated, all tissues were adhered by the barnacle-inspired paste after covering
with blood or gastric juice followed by 5 s pressing (with 10 kPa pressure applied by either
mechanical testing machine or equivalent weight). Unless otherwise indicated, all mechanical tests
on adhesion samples were performed 6 h after initial pressing to ensure equilibrium swelling of
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the adhered barnacle-inspired paste. The application of commercially-available products followed
the provided manual for each product.
To measure interfacial toughness, the adhered samples with 2.5 cm in width were prepared
and tested by the standard 180-degree peel test (ASTM F2256) with the mechanical tester (2.5 kN
load-cell, Zwick/Roell Z2.5). All tests were conducted with a constant peeling speed of 50 mm
min-1. The measured force reached a plateau as the peeling process entered the steady-state.
Interfacial toughness was determined by dividing two times of the plateau force (for 180-degree
peel test) with the width of the tissue sample. Poly(methyl methacrylate) (PMMA) film (50 µm
thickness, Goodfellow) was applied by using the cyanoacrylate glue as a stiff backing for the
tissues.
To measure shear strength, the adhered samples with an adhesion area of 2.5 cm in width
and 1 cm in length were prepared and tested by the standard lap-shear test (ASTM F2255) with
the mechanical tester. All tests were conducted with a constant tensile speed of 50 mm min-1. Shear
strength was determined by dividing the maximum force by the adhesion area. PMMA film was
applied using the cyanoacrylate glue as a stiff backing for the tissues.
To measure tensile strength, the adhered samples with adhesion area of 2.5 cm in width
and 2.5 cm in length were prepared and tested by the standard tensile test (ASTM F2258) with the
mechanical tester. All tests were conducted with a constant tensile speed of 50 mm min-1. Tensile
strength was determined by dividing the maximum force with the adhesion area. Aluminum
fixtures were applied by using the cyanoacrylate glue to provide grips for the tensile tests.
To measure burst pressure, a porcine aorta with area of 2.5 cm in width and 2.5 cm in
length was prepared and tested by the standard burst pressure test (ASTM F2392-04) (Fig. 7-5b).
A 3-mm hole was introduced to the porcine aorta by using a biopsy punch (Dynarex). The
punctured porcine aorta was then covered with heparinized porcine blood and sealed by using
various adhesives (the barnacle-inspired paste, suture (Ethicon 4-0 Vicryl), Surgiflo®, Tisseel,
Tachosil®). 30 min after the sealing, pressure was applied to the sealed porcine aorta by pumping
phosphate buffered saline (PBS) using a syringe pump at a flow rate of 2 ml min-1. The maximum
pressure was recorded as the burst pressure by using a digital pressure gauge (Omega).
7.6.2. Ex vivo tests
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All ex vivo experiments were reviewed and approved by the Committee on Animal Care at the
Massachusetts Institute of Technology. For hemostatic sealing of a bleeding aorta, a porcine aorta
was connected with a heparinized porcine blood bath and a pump via silicone tubes to generate
closed-loop blood flow at 150 mmHg pressure (Fig. 7-5a). A 3-mm diameter hole was made to
the porcine aorta by a biopsy punch (Dynarex). To form hemostatic seal, 1 ml of the barnacleinspired paste was injected on a surgical gauze with the size of 2.5 cm in width and 2.5 cm in
length to aid handling, and then gently pressed onto the bleeding site for 5 s. The sealed porcine
aorta was kept for 6 h at room temperature with continuous blood flow to monitor the hemostatic
sealing made by the barnacle-inspired paste. 0.01 w/v % sodium azide solution (in PBS) was
sprayed on the porcine aorta to avoid tissue dehydration and degradation during the test. After the
test, the blood bath was filtered by using a 100-µm mesh to check the presence of free-floating
bioadhesive microparticles in the blood.
7.6.3. In vivo biocompatibility and biodegradability evaluation
All animal surgeries were reviewed and approved by the Committee on Animal Care at the
Massachusetts Institute of Technology. Female Sprague Dawley rats (225-250 g, Charles River
Laboratories) were used for all in vivo studies.
Prior to implantation, the barnacle-inspired paste was prepared using aseptic techniques
and were further sterilized for 3 h under UV light. For implantation in the dorsal subcutaneous
space, rats were anaesthetized using isoflurane (1–2% isoflurane in oxygen) in an anesthetizing
chamber. Anesthesia was maintained using a nose cone. Back hair was removed and the animals
were placed over a heating pad for the duration of the surgery. The subcutaneous space was
accessed by a 1-2 cm skin incision per implant in the center of the animal’s back. To create space
for implant placement, blunt dissection was performed from the incision towards the animal
shoulder blades. Either 0.5 ml of the barnacle-inspired paste (n = 4 for each endpoint) or a
comparable volume of commercially-available tissue adhesive (Coseal, n = 4 for each endpoint)
were placed in the subcutaneous pocket created above the incision. The incision was closed using
interrupted sutures (4-0 Vicryl, Ethicon) and 3-6 ml of saline were injected subcutaneously. Up to
four implants were placed per animal ensuring no overlap between each subcutaneous pocket
created. After 1 day, 3 days, 1 week, or 2 weeks following the implantation, the animals were
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euthanized by CO2 inhalation. Subcutaneous regions of interest were excised and fixed in 10 %
formalin for 24 h for histological and immunofluorescence analyses.
7.6.4. In vivo hemostatic sealing of liver
For hemostatic sealing of the hepatic injury, the animals were anaesthetized using isoflurane (1–
3% isoflurane in oxygen) in an anesthetizing chamber. Abdominal hair was removed and the
animals were placed over a heating pad for the duration of the surgery. The liver was exposed via
a laparotomy. A 5-mm diameter and 2-mm depth injury was made to the heart by using a biopsy
punch (Dynarex). To form hemostatic sealing, 0.5 ml of the barnacle-inspired paste was injected
onto the bleeding site and then gently pressed onto the punctured hole using a surgical spatula for
5 s (n = 4). For commercially-available products, Surgicel (Ethicon) with size of 20 mm in length
and 20 mm in width (n = 4) or 2 ml of Coseal (Baxter) (n = 4) were used. For injury group, no
hemostasis was performed (n = 4). The amount of blood loss until hemostasis and the time to
hemostasis were recorded for each group. After the hemostatic sealing was confirmed, the incision
was closed using interrupted sutures (4-0 Vicryl, Ethicon) and 3-6 ml of saline were injected
subcutaneously. After 2 weeks following the implantation, blood was collected for the blood
analysis and the animals were euthanized by CO2 inhalation. Livers with the implants were excised
and fixed in 10 % formalin for 24 h for histological and immunofluorescence analyses.
7.6.5. In vivo hemostatic sealing of heart
For hemostatic sealing of the full thickness ventricular injury, the animals were anaesthetized using
isoflurane (1–3% isoflurane in oxygen) in an anesthetizing chamber. Chest hair was removed.
Endotracheal intubation was performed, and the animals were connected to a mechanical ventilator
(Model 683, Harvard Apparatus) and placed over a heating pad for the duration of the surgery.
The heart was exposed via a thoracotomy and the pericardium was removed using fine forceps.
For measurement of intraventricular blood pressure, a pressure-volume (PV) catheter (SPR-838,
Millar) was inserted into the left ventricle (LV) via apical stick to monitor LV blood pressure
during the test. A 2-mm diameter injury was made to the left or right ventricular wall of the heart
by using a biopsy punch (Dynarex). To form hemostatic sealing, 0.25 ml of the barnacle-inspired
paste was injected onto the bleeding site and then gently pressed onto the punctured hole using a
surgical spatula for 5 s (n = 5). For commercially-available products, Surgicel (Ethicon) with size
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of 20 mm in length and 20 mm in width (n = 4) or 2 ml of Coseal (Baxter) (n = 4) were used. For
injury group, no hemostasis was performed (n = 4). The amount of blood loss until hemostasis and
the time to hemostasis were recorded up to 300 s for each group. After the hemostatic sealing was
confirmed, the incision was closed using interrupted sutures (4-0 Vicryl, Ethicon) and 3-6 ml of
saline were injected subcutaneously. For groups failed to form hemostasis until 300 s, the animals
were euthanized by exsanguination. After 2 weeks following the implantation, blood was collected
for the blood analysis and the animals were euthanized by CO2 inhalation. Hearts with the implants
were excised and fixed in 10 % formalin for 24 h for histological and immunofluorescence
analyses.
7.6.6. Immunofluorescence analysis
The expression of targeted proteins (αSMA, Collagen I, CD68, CD3) were analyzed after the
immunofluorescence staining of the collected tissues. Before the immunofluorescence analysis,
the paraffin-imbedded fixed tissues were sliced and prepared into slides. The slides were
deparaffinized and rehydrated to deionized water. Antigen retrieval was performed using steam
method during which the slides were steamed in IHC-Tek Epitope Retrieval Solution (IW-1100)
for 35 min and then cooled for 20 min. Then the slides were washed in three changes of PBS for
5 min per each cycle. After washing, the slides were incubated in primary antibodies (1:200 mouse
anti-αSMA for fibroblast (ab7817, Abcam); 1:200 mouse anti-CD68 for macrophages (ab201340,
Abcam); 1:100 rabbit anti-CD3 for T-cells (ab5690, Abcam); 1:200 rabbit anti-collagen-I for
collagen (ab21286, Abcam)) diluted with IHC-Tek Antibody Diluent for 1 h at room temperature.
The slides were then washed three times in PBS and incubated with Alexa Fluor 488 labeled antirabbit or anti-mouse secondary antibody (1:200, Jackson Immunoresearch) for 30 min. The slides
were washed in PBS and then counterstained with propidium iodide solution for 20 min. A laser
confocal microscope (SP 8, Leica) was used for image acquisition. ImageJ (version 2.1.0) was
used to quantify the fluorescence intensity of expressed antibodies. All the images were
transformed to the 8-bit binary images, and the fluorescence intensity was calculated with
normalized analysis. All analyses were blinded with respect to the experimental conditions.
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Chapter 8
Hydrogel bioelectronics: Pure PEDOT:PSS hydrogels
8.1. Introduction
Recent advances in bioelectronics are making the gap between electronic systems and human body
ever closer (213-217). A number of bioelectronic devices such as commercially available silicon
probes (215), epidermal electronics (218), stretchable neural interfaces (219-221), and nanoscale
sensor arrays (222) have shown a great promise toward seamless merging of biology and
electronics. Despite these recent successes, the majority of bioelectronic devices still rely on
electrode materials which are physically and mechanically dissimilar to biological tissues.
Biological tissues are typically soft (e.g., Young’s moduli in the range of 1 kPa ~ 1 MPa) and
contain large amounts of water (e.g., over 70 %) with dissolved ionic species (213, 215). In contrast,
most inorganic materials (e.g., Si, Au, Pt, and Sn) and dry polymers (e.g., polycarbonate and
polyimide) in bioelectronic devices exhibit much higher elastic moduli (e.g., Young’s moduli in
the range of 100 MPa ~ 10 GPa) with virtually no water content (213, 214). Hence, the search
toward more tissue-like bioelectronic interface has been a grand but ongoing challenge in the field
of bioelectronics.
Among many engineering materials, hydrogels show a great promise as ideal interfacing
materials to biological tissues, owing to their unique tissue-like mechanical property, water-rich
nature, superior biocompatibility, and flexibility and versatility in designing their properties (14,
19, 223). However, conventional hydrogels typically lack electronic conductivity, and the ionic
conductivity of hydrogels in physiological conditions is very low (e.g., 6 ~ 9 orders of magnitude
lower than the conductivity of metals) (37). Unlike conventional hydrogels, conducting polymer
hydrogels offer both electronic and ionic conductivity, rendering them as one of the most
promising materials in the emerging field of hydrogel bioelectronics (224-227). Particularly,
poly(3,4-ethylenedioxythiophene):poly(styrene sulfonate) (PEDOT:PSS) based hydrogels have
attracted extensive studies owing to their favorable cytocompatibility(228, 229). Existing methods
to prepare PEDOT:PSS hydrogels mostly rely on mixing or in situ polymerization of PEDOT:PSS
within non-conductive hydrogel templates to form interpenetrating polymer networks (IPN) (224,
227, 230-232). However, such IPN-based conducting polymer hydrogels can potentially
compromise electrical conductivity and/or electrochemical performances as the non-conductive
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hydrogel network acts as an electrical insulator (e.g., electrical conductivity is typically below 1 S
cm-1 in deionized water) (224, 227, 230, 231). While conductive nano-fillers such as metal
nanoparticles/wires, carbon nanotubes, and graphene have also been added into IPN-based
PEDOT:PSS hydrogels to enhance electrical conductivity (224, 233, 234), the dispersion of nanofillers within polymer chains of hydrogel networks (typically sub-nm scale) can invites potential
issues such as inhomogeneity in mechanical and electrical properties as well as instability and
cytotoxicity in contact with wet biological tissues (224, 233-236). In light of these challenges, pure
PEDOT:PSS hydrogels have been developed by avoiding the use of other compositions such as
non-conducting hydrogel template and/or nano-fillers (237-241), but they still face numerous
technical challenges including low electrical conductivity (< 10 S cm-1), low stretchability (< 10 %
strain), high Young’s moduli (> 100 MPa), and/or poor stability in wet physiological environments
due to the absence of supporting matrix. While a recent work reports the highest electrical
conductivity (8.8 S cm-1) of pure PEDOT:PSS hydrogels (242), the hydrogel requires concentrated
sulfuric acid to fabricate and the electrical conductivity is tested in an acidic solution (pH ~ 1),
making it unsuitable for in vivo bioelectronic applications. In addition, the swelling properties of
PEDOT:PSS hydrogels in wet physiological environments are of particular importance to their
applications in bioelectronics, but such swelling properties have yet been well studied or controlled.
In this Chapter, we show that designing interconnected networks of PEDOT:PSS
nanofibrils via a simple yet effective method can achieve pure PEDOT:PSS hydrogels with
extraordinary electrical, mechanical, and swelling properties without blending other compositions.
We show that adding volatile additive dimethyl sulfoxide (DMSO) into aqueous PEDOT:PSS
solutions followed by controlled dry-annealing and subsequent rehydration can yield pure
PEDOT:PSS hydrogels, whose electrical, mechanical and swelling properties can be
systematically tuned by the amount of added DMSO and the way of dry-annealing. The pure
PEDOT:PSS hydrogels with the optimized amount of DMSO (13 vol. %) and annealing condition
(3 cycles of 30 min annealing at 130 °C) give superior electrical conductivity of ~ 20 S cm-1 in
phosphate buffered saline (PBS) and ~ 40 S cm-1 in deionized water, as well as low Young’s
modulus of ~2 MPa and high stretchability of over 35 % strain in wet physiological environments.
(Note that vol. % indicates the volume fraction of the added DMSO to the final solution volume.)
The resultant pure PEDOT:PSS hydrogels exhibit remarkably long-term mechanical (no
observable damage over 3 months), electrical (negligible change in electrical conductivity over 3
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months), and electrochemical stability (less than 10 % change in charge storage capability and
charge injection capacity values after 20,000 charging and discharging cycles) in wet physiological
conditions. In addition, we discover that the formation of isotropic or anisotropic interconnected
networks of PEDOT:PSS nanofibrils by controlled dry-annealing of the PEDOT:PSS solution
under mechanically unconstrained or constrained conditions, can yield a pure PEDOT:PSS
hydrogel that swells isotropically or anisotropically, respectively, providing tunable swelling
behaviors compatible to various fabrication approaches.

8.2. Design of pure PEDOT:PSS hydrogels
Stable water dispersion of PEDOT is generally achieved by introducing anionic polymers such as
poly(styrene sulfonic acid) (PSS), which serve as a charge-balancing counter ion template (Fig. 81a). In aqueous colloidal dispersion solution, PEDOT:PSS tends to form micellar microstructures
that consist of hydrophobic PEDOT-rich core and hydrophilic PSS-rich shell (Fig. 8-1b). There
are three major molecular interactions in PEDOT:PSS: (i) electrostatic forces of attraction between
π-conjugated PEDOT chains and negative charged PSS chains, (ii) π-π stacking of adjacent
PEDOT chains, and (iii) interchain entanglements mostly between long PSS chains. To design a
pure PEDOT:PSS hydrogel with high electrical conductivity, these molecular interactions should
be tamed appropriately to achieve a water-stable network of rigid hydrophobic PEDOT-rich semicrystalline domains and soft hydrophilic PSS-rich matrix.
One approach to realize pure PEDOT:PSS hydrogels is to dry-anneal the aqueous
PEDOT:PSS solution in a controlled manner, and then reswell the dry-annealed PEDOT:PSS into
a hydrogel. The loss of water in aqueous PEDOT:PSS solution during the drying process
concentrates PEDOT:PSS, and the subsequent annealing in an elevated temperature enables
recrystallization of PEDOT-rich nanofibrils and chain rearrangement for both PEDOT and PSS
(243-245). Thus, the resultant dry PEDOT:PSS likely undergoes phase separation into three
different domains: (i) rigid conjugated PEDOT-rich crystalline region, (ii) disordered PEDOT:PSS
semi-crystalline region, and (iii) PSS-rich soft region (246, 247). By controlling these three
domains into a well-distributed network, a stable and highly conductive PEDOT:PSS hydrogel can
be achieved by swelling the hydrophilic PSS-rich domains while maintaining the interconnected
networks of PEDOT:PSS nanofibrils (Fig. 8-1c).
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Figure 8-1 | Schematic illustration of pure PEDOT:PSS hydrogel preparation. (a) Chemical structures
of PEDOT, PSS, and DMSO. (b) Typical drying and swelling processes of pristine PEDOT:PSS without
DMSO. (c) Dry-annealing and swelling processes of PEDOT:PSS with DMSO as the additive. Isotropic
dry-annealing of PEDOT:PSS aqueous solution with DMSO leads to isotropic swelling of the stable pure
PEDOT:PSS hydrogel with extraordinary properties, while anisotropic dry-annealing provides anisotropic
swelling in out-of-plane or thickness direction.

For this purpose, we choose high boiling point polar co-solvent dimethyl sulfoxide (DMSO) as an
additive to the aqueous PEDOT:PSS solution to facilitate the recrystallization of PEDOT-rich
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nanofibrils and chain rearrangement of PEDOT:PSS during the dry-annealing process (248).
Notably, both solvents (i.e., water and DMSO) can be completely removed by thorough
evaporation during the drying (24 h at 60 °C) and the subsequent high-temperature annealing
processes (3 cycles of 30 min annealing at 130 °C), yielding pure PEDOT:PSS hydrogels as the
final product.

8.3. Mechanical stability of pure PEDOT:PSS hydrogels
We first dry the pristine aqueous PEDOT:PSS solution without any additive (Fig. 8-1b). The
resultant dried pristine PEDOT:PSS dissociates easily into fragmented microgels in wet
environment due to the absence of interconnected PEDOT:PSS nanofibrils to maintain mechanical
integrity during the swelling process (Fig. 8-2). The observed instability of the pristine
PEDOT:PSS in wet environment is consistent with the previous reports on dissolution of the
PEDOT:PSS electrodes in aqueous media (249).

Figure 8-2 | Dissociation of pristine PEDOT:PSS in wet environment. Dried pristine PEDOT:PSS
microball swells and readily dissociates into fragmented microgels instead of forming a stable hydrogel.
Scale bar, 1 mm.
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Figure 8-3 | Dry-annealing and swelling behaviors of pure PEDOT:PSS hydrogels. (a) Schematic
illustration of isotropic dry-annealing of aqueous PEDOT:PSS solution into a microball. (b) Schematic
illustration of anisotropic dry-annealing of aqueous PEDOT:PSS solution into a free-standing film. (c)
Experimental images for isotropic dry-annealing of aqueous PEDOT:PSS solution into a microball. (d)
Experimental images for anisotropic dry-annealing of aqueous PEDOT:PSS solution into a free-standing
film. (e) Isotropic swelling of a pure dry-annealed PEDOT:PSS microball into a stable hydrogel. (f)
Anisotropic swelling of a free-standing pure dry-annealed PEDOT:PSS film into a stable hydrogel. (g, h)
Dimensional changes vs. time during the (g) isotropic and (h) anisotropic dry-annealing of aqueous
PEDOT:PSS solution. (i, j) Dimensional changes vs. time during the (i) isotropic and (j) anisotropic
swelling of pure PEDOT:PSS hydrogels. Values in g-j represent mean and the error bars represent the s.d.
of the measured values (n = 3). Scale bars, 1 mm.

Strong polar co-solvents such as DMSO are known to increase the electrical conductivity
of PEDOT:PSS by secondary doping (250) (from ~ 0.1 to over 103 S cm-1). Such conductivity
enhancing additives can effectively extend PEDOT:PSS microgel particles from a trapped and/or
folded state into linear long chains (248), and therefore, facilitate the formation of a larger
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crystalline PEDOT-rich nanofibrils and the inter-chain entanglements between PSS chains during
the drying process (246, 248) (Fig. 8-1c). By adding 5 vol. % DMSO into the pristine aqueous
PEDOT:PSS solution and subsequently dry-annealing (24 h at 60 °C drying followed by 3 cycles
of 30 min annealing at 130 °C) the mixture to thoroughly remove both water and DMSO, we
prepare pure PEDOT:PSS microballs or films (Fig. 8-3a,b) The characteristic FT-IR spectral
absorption peaks for DMSO (1,024 cm-1 for stretching vibration of sulfoxyl group; 950 cm-1 for
bending and 3,000 and 2,910 cm-1 for stretching vibration of methyl group) clearly present in
DMSO-containing aqueous PEDOT:PSS solutions while such absorption peaks completely
disappear in the FT-IR spectra of the dry-annealed PEDOT:PSS. This indicates that the added
DMSO is fully removed during the dry-annealing process, yielding pure PEDOT:PSS. We further
find that the dry-annealed PEDOT:PSS can be facilely converted into stable pure PEDOT:PSS
hydrogels by rehydrating in water or in PBS (Fig. 8-3c-f). The resultant pure PEDOT:PSS
hydrogels show high water contents (80 ~ 87 wt.% water) and substantially enhanced long-term
stability in wet physiological environments (e.g., no observable damage over 3 months in PBS).

8.4. Swelling properties of pure PEDOT:PSS hydrogels
The swelling behavior of the pure PEDOT:PSS hydrogels is strongly affected by the dry-annealing
condition (Fig. 8-1c). The isotropic dry-annealing of mechanically unconstrained PEDOT:PSS
droplet leads to the isotropic swelling behavior (Fig. 8-3c,e,g,i), while the anisotropic drying of
mechanically constrained PEDOT:PSS solution (i.e., drying on a substrate) gives the anisotropic
swelling behavior over the thickness direction (Fig. 8-3d,f,h,j). The swelling ratio of pure
PEDOT:PSS hydrogels in wet environment is also affected by the concentration of DMSO in the
aqueous PEDOT:PSS solution. The swelling ratio of pure PEDOT:PSS hydrogels increases with
the DMSO concentration used during the preparation up to 20 vol.%, and then the swelling ratio
decreases with the DMSO concentration, both in PBS and in deionized water. Furthermore, the
pure PEDOT:PSS hydrogels fabricated with the same DMSO concentration exhibit lower swelling
ratio in PBS than in deionized water, potentially due to the ionic strength and subsequent change
of equilibrium swelling in PBS.

8.5. Morphologies of dry-annealed PEDOT:PSS
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We further investigate the effect of varying DMSO concentrations in aqueous PEDOT:PSS
solution on the morphologies of the resultant dry-annealed PEDOT:PSS via AFM phase imaging
(Fig. 8-4). In comparison with the pristine PEDOT:PSS film without adding DMSO (Fig. 8-4a),
the introduction of DMSO (5 ~ 50 vol. %) results in the increased phase separation between
PEDOT-rich domains (bright color) and PSS-rich domains (dark color), which originates from the
enhanced crystallinity of π-stacking of PEDOT chains during the dry-annealing process (250-254)
(Fig. 8-4b-f). Notably, higher DMSO concentration further facilitates the growth and
interconnection of PEDOT-rich domains, and a well-percolated networks of PEDOT:PSS
nanofibrils start to appear at DMSO concentration over 13 vol.% (Fig. 8-4c-e). Such
interconnected nanofibrillar morphology can potentially provide improved electrical conductivity
and mechanical properties by forming more effective pathways for both electron transfer and
sustaining mechanical forces(255). However, too high DMSO concentration (over 50 vol.%)
begins to lead to the aggregation of the fibrous networks of PEDOT-rich domains (Fig. 8-4f),
similar to the instant aggregation or gelation phenomena previously reported in the addition of
sulfuric acid and ionic liquids (242, 255).

Figure 8-4 | AFM phase images of dry-annealed PEDOT:PSS free-standing films. (a) Pristine
PEDOT:PSS film. (b-f) Dry-annealed pure PEDOT:PSS films prepared by adding different amount of
DMSO by (b) 5 vol.%, (c) 13 vol.%, (d) 20 vol.%, (e) 33 vol.%, and (f) 50 vol.%. Note that vol. % indicates
the volume fraction of the added DMSO to the final solution volume. The measured surface roughness is
(a) 1.6 nm, (b) 1.4 nm, (c) 2.5 nm, (d) 2.0 nm, (e) 2.1 nm, and (f) 3.1 nm. Scale bars, 100 nm.
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We also perform wide angle X-ray scattering (WAXS) tests in order to further study the
effect of varying DMSO concentrations on the morphologies of the resultant dry-annealed pure
PEDOT:PSS. The WAXS profiles of the dry-annealed pure PEDOT:PSS films based on varying
concentrations of DMSO exhibit the increasing intensity of the scattering vector (q) peak at ~ 19
nm-1 (characteristic peak for PEDOT crystalline domain), further revealing the effective
enhancement in the crystallization of PEDOT by the proposed method (256, 257).

8.6. Mechanical properties of pure PEDOT:PSS hydrogels
Taking advantage of the superior stability and free-standing nature of pure PEDOT:PSS hydrogels
in wet physiological environments, we systematically characterize the mechanical and electrical
properties of free-standing pure PEDOT:PSS hydrogel films both in PBS and in deionized water.
Nominal strain vs. stress curves in tensile tests show that the Young’s moduli of pure PEDOT:PSS
hydrogels in PBS are in the range of 2 ~ 10 MPa (Fig. 8-5a,b), which are comparable to that of
soft elastomers such as polydimethylsiloxane (PDMS) (e.g., Young’s moduli in the range of 1 ~
10 MPa) and several orders of magnitude lower than conventional rigid materials in bioelectronic
devices (214, 215, 224). The mechanical compliance of pure PEDOT:PSS hydrogels can offer
improved long-term biomechanical interactions with biological tissues as demonstrated by PDMSbased bioelectronic implants (219, 258, 259). Notably, the pure PEDOT:PSS hydrogels exhibit
smaller Young’s moduli in deionized water (in the range of 1 ~ 5 MPa) than in PBS, which
potentially stems from higher swelling ratio and consequent higher equilibrium water contents of
pure PEDOT:PSS hydrogels in deionized water than in PBS (~ 87 wt.% in deionized water vs. ~
80 wt.% in PBS).
The pure PEDOT:PSS hydrogels show a gradual reduction in Young’s moduli with the
increase of DMSO concentration up to 13 vol.% and then keep nearly constant for higher DMSO
concentrations, both in PBS and in deionized water (Fig. 8-5b). The stretchability of the pure
PEDOT:PSS hydrogels increases with DMSO concentration up to 20 vol.% and then decreases for
higher DMSO concentrations (Fig. 8-5b). The ultimate tensile strain of the pure PEDOT:PSS
hydrogels (20 vol. % DMSO) can reach over 35 % in PBS and over 40 % in deionized water,
which are significantly higher than the dry-annealed pure PEDOT:PSS film before swelling (< 10 %
strain) and closely match the stretchability of biological tissues such as neural tissues (~ 20 %
strain) (215) and skin (~ 50 % strain) (260). This enhanced stretchability of the pure PEDOT:PSS
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hydrogels can be attributed to the phase separation of PEDOT and PSS during the dry-annealing
process and the resultant interconnected networks of PEDOT:PSS nanofibrils in hydrogel, which
is in good agreement with the morphological evolution observed in the AFM phase images (Fig.
8-4).
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Figure 8-5 | Mechanical and electrical characterizations of pure PEDOT:PSS hydrogels. (a) Nominal
stress vs. strain curves of free-standing pure PEDOT:PSS hydrogels in PBS with varying DMSO
concentrations. (b) Young’s moduli and ultimate tensile strains vs. DMSO concentration for pure
PEDOT:PSS hydrogels in PBS. (c) Electrical conductivity of pure PEDOT:PSS hydrogels both in deionized
water and in PBS with varying DMSO concentrations. (d) Electrical conductivity of pure PEDOT:PSS
hydrogels at different strain both in deionized water and in PBS. (e) CV curves for the pure PEDOT:PSS
hydrogel on Pt electrode in PBS. Red curve represents the CV curve of bare Pt electrode as a control. (f)
Cyclic electrochemical current pulse injection curves of the pure PEDOT:PSS hydrogel on Pt electrode
under between -1.5 V and 1.5 V vs. Ag/AgCl. Values in b-d represent mean and the error bars represent
the s.d. of the measured values (n = 4).

8.7. Electrical conductivity of pure PEDOT:PSS hydrogels
We vary the DMSO concentration in the aqueous PEDOT:PSS solution in the range of 5 ~ 50 vol. %
and keep the same the same dry-annealing condition of 24 h at 60 °C drying followed by 3 cycles
of 30 min annealing at 130 °C to make a batch of pure PEDOT:PSS hydrogels. During rehydration,
the dry-annealed pure PEDOT:PSS absorbs water and ions, significantly decreasing its electrical
conductivity from ~ 500 S cm-1 in the dry state to less than 50 S cm-1 in the swollen state (both in
PBS and in deionized water) (Fig. 8-5c).
The concentration of DMSO plays an important role in the electrical conductivity of the
pure PEDOT:PSS hydrogels. The electrical conductivity and DMSO concentration display a nonmonotonic relationship with the highest conductivity of ~ 20 S cm-1 in PBS and ~ 40 S cm-1 in
deionized water achieved at 13 vol.% DMSO concentration. The addition of an optimal amount of
DMSO (i.e., 13 vol.%) in the aqueous PEDOT:PSS solution allows more preferred formation of
better interconnected networks of PEDOT:PSS nanofibrils, which can offer enhanced conducting
pathways against the fast swelling of hydrophilic PSS-rich matrix. The reduction in the electrical
conductivity with DMSO concentration over 13 vol.% can possibly be attributed to an unfavorable
aggregation of the nanofibrillar PEDOT:PSS networks by the presence of excessive amount of
DMSO(255) (Figs. 8-4c and 8-5).
The same pure PEDOT:PSS hydrogel also exhibits a reduced electrical conductivity in
physiological condition (i.e., in PBS) compared to in deionized water (Fig. 8-5c). Typical aqueous
PEDOT:PSS solutions and pure PEDOT:PSS hydrogels in deionized water are acidic (pH 1 ~ 2)
due to the presence of PSS. Physiologically-relevant environment such as PBS can neutralize pure
PEDOT:PSS hydrogels and such neuralization of acidic PEDOT:PSS has been reported to
substantially decrease electrical conductivity by the disruption of the π-π stacking of PEDOT
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crystalline domain and the consequent reduction in bipolaron concentration (i.e., charge carrier
density) (248, 261). We find that the electrical conductivity of pure PEDOT:PSS hydrogels in PBS
adjusted to pH 1 recovers high electrical conductivity measured in deionized water (~ 40 S cm-1),
which is consistent with the previous reports (248, 261). It should be noted that, despite the reduced
electrical conductivity in PBS, the optimized electrical conductivity of ~ 20 S cm-1 in PBS (~ 40
S cm-1 in deionized water) for the pure PEDOT:PSS hydrogels are among the highest values for
conducting polymer hydrogels in PBS and water (224, 262). Furthermore, the electrical
conductivity of pure PEDOT:PSS hydrogels exhibit superior stability in wet environments with
negligible decrease over 3 months both in PBS and in deionized water (Fig. 8-6a). Such high and
stable electrical conductivity in wet physiological environments can ensure more efficient and
reliable bioelectronic stimulation and recoding, and therefore, will be highly advantageous for
bioelectronic devices and applications (224).
Upon tensile deformation, the pure PEDOT:PSS hydrogels in deionized water display a
slight reduction in conductivity similar to the previously reported stretchable PEDOT:PSS films
(255) (Fig. 8-5d). Interestingly, tensile deformation of the pure PEDOT:PSS hydrogels in PBS can
slightly increase its electrical conductivity, whose mechanism will be studied in the future work.
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Figure 8-6 | Electrical and electrochemical stability of pure PEDOT:PSS hydrogels in wet
environment. (a) Electrical conductivity of pure PEDOT:PSS hydrogels exhibit good stability both in PBS
and deionized water over 3 months. (b) CSC of pure PEDOT:PSS hydrogel shows good stability in PBS
with less than 9 % change after 20,000 cycles. (c) CIC of pure PEDOT:PSS hydrogel shows good stability
in PBS with less than 10 % change after 20,000 cycles. Values in a represent mean and the error bars
represent the s.d. of measured values (n = 4).

8.8. Charge storage and injection properties of pure PEDOT:PSS hydrogels
We further characterize other electrical properties such as charge storage capability (CSC) and
charge injection capacity (CIC) of pure PEDOT:PSS hydrogels to evaluate their performance in
bioelectronic applications. Cyclic voltammetry (CV) of the pure PEDOT:PSS hydrogels measured
on Pt electrode demonstrate that pure PEDOT:PSS hydrogels (13 vol.% DMSO concentration)
show a high CSC value of 60 mC cm-2 and superior electrochemical stability against charging and
discharging cycles in wet physiological environment (i.e., PBS) with less than 9 % reduction in
CSC after 20,000 CV cycles (Figs. 8-5e and 8-6b). The pure PEDOT:PSS hydrogels (13 vol.%
DMSO concentration) also exhibit high CIC value of 8.3 mC cm-2 and stability (less than 10 %
change after 20,000 cycles) in PBS (Figs. 8-5f and 8-6c). These high CSC and CIC values of pure
PEDOT:PSS hydrogels together with their soft and wet properties are particularly desirable for
bioelectronic stimulation applications (224, 263).

8.9. Discussion
In this Chapter, we show that designing interconnected networks of PEDOT:PSS nanofibrils via a
simple yet highly effective strategy can realize high-performance pure PEDOT:PSS hydrogels
with electrical conductivity as high as 20 S cm-1 in PBS (40 S cm-1 in deionized water), high
stretchability (> 35 % strain) with low Young’s modulus (~ 2 MPa), and superior mechanical,
electrical and electrochemical stability in wet physiological environments. The swelling behavior
of the pure PEDOT:PSS hydrogels can be tuned by mechanical constraints during the dryannealing process and the consequent anisotropy in interconnected networks of PEDOT:PSS
nanofibrils, providing additional flexibility in their processing and bioelectronic device fabrication.
The proposed pure PEDOT:PSS hydrogels not only addresse a long-lasting challenge in the
development of high-performance conducting polymer hydrogels, but also offers a promising new
avenue toward next-generation hydrogel bioelectronic devices and applications.
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8.10. Materials and Methods
8.10.1. Preparation of pure PEDOT:PSS hydrogel
PEDOT:PSS aqueous solution (1.1 ~ 1.3 % solid content, Clevios™ PH1000, Heraeus Electronic
Materials) was stirred vigorously for 6 h, and then dimethyl sulfoxide (DMSO, Sigma-Aldrich)
was added in the range of 0 ~ 50 vol. % of the final solution. Upon further stirring for 24 h at room
temperature, the mixed solution was solvent-casted directly onto polypropylene (PP) or
polyethylene terephthalate (PET) substrate and dried at 60 °C for 24 h followed by multiple cycles
of annealing at 130 °C (3 cycles with 30 min per each cycle) to yield pure PEDOT:PSS films.
Free-standing pure PEDOT:PSS films were obtained by peeling off the dry-annealed samples from
PP substrate. To prepare pure PEDOT:PSS microballs, a droplet of the mixed solution was
suspended at the tip of a micropipette, and dry-annealed similar to the film samples. To investigate
the swelling behavior, dry-annealed pure PEDOT:PSS free-standing films or microballs were
immersed into deionized water or PBS (Sigma-Aldrich).
8.10.2. Electrical conductivity measurement
Electrical conductivity for all the samples was measured by using a standard four-point probe
(Keithley 2700 digital multimeter, Keithley). Dry-annealed pure PEDOT:PSS films or hydrogels
were cut into rectangle shape (30 mm in length and 5 mm in width). Copper wire electrodes
(diameter, 0.5 mm) were attached onto the surface of dry-annealed films by applying silver paste,
while platinum wire electrodes (diameter, 0.5 mm) were employed for hydrogels to avoid the
corrosion in wet environments. For pure PEDOT:PSS hydrogels, a humidifier was employed to
keep the samples hydrated throughout all experiments. For the conductivity stability tests, the pure
PEDOT:PSS hydrogels were immersed in deionized water or in PBS and tested at different time
points (one day, one month, one month, two months, and three months).
8.10.3. Mechanical characterization
All samples for mechanical characterizations were performed by using fully swollen pure
PEDOT:PSS free-standing films with dog-bone shape either in deionized water or in PBS. Tensile
property of the samples was measured by a mechanical testing machine (U-Stretch with 4.4 N load
cell, CellScale). All mechanical characterizations were performed within the submersion stage
filled with either deionized water or PBS to avoid dehydration of the hydrogels.
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8.10.4. Cyclic voltammetry
Cyclic

voltammetry

of

pure

PEDOT:PSS

hydrogels

was

performed

by

using

a

potentiostat/galvanostat (VersaSTAT 3, Princeton Applied Research). Pt wires (diameter, 1 mm)
were employed as both working and counter electrodes, and Ag/AgCl electrode was used as the
reference electrode. Prior to all measurements, the electrodes were cleaned successively with
abrasive paper, deionized water, and ethyl alcohol. PBS was used as the supporting electrolyte.
CSC was calculated from the measured CV curves as

CSC = 3

^%

^&

𝑖(𝐸)
d𝐸
2𝑣𝐴

(8.1)

where v is the scan rate, E2 – E1 is the potential window, i is the current at each potential, and A is
the area of the pure PEDOT:PSS hydrogel film.
In order to characterize charge injection performance of pure PEDOT:PSS hydrogels,
electrochemical current pulse injection (in recurrent potential pulses mode, -1.5 ~ 1.5 V vs.
Ag/AgCl) tests were performed in PBS by using a electrochemical workstation (VersaSTAT 3,
Ametek Scientific Instruments). Ag/AgCl electrode was employed as a reference electrode,
platinum wires (diameter, 1 mm) as counter and working electrodes. CIC was calculated from the
measured charge injection curves as

CIC =

𝑄)-_(a) + 𝑄)-_($)
𝐴

(8.2)

where CIC represents the charge density of pure PEDOT:PSS hydrogel between the reduction
potential (cathodal limit) and the oxidation potential (anodal limit), Qinj(c) is the total delivered (or
injected) charge in cathodal phase, Qinj(a) is the total delivered (or injected) charge in anodal phase,
and A is the area of the pure PEDOT:PSS hydrogel, respectively.
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Chapter 9
Hydrogel bioelectronics: 3D printing of conducting polymer
hydrogels
9.1. Introduction
Conducting polymers, a class of polymers with intrinsic electrical conductivity, have been one of
the most promising materials in applications as diverse as energy storage (264), flexible electronics
(217) and bioelectronics (173), owing to their unique polymeric nature as well as favorable
electrical and mechanical properties, stability, and biocompatibility. Despite recent advances in
conducting polymers and their applications, the fabrication of conducting polymer structures and
devices have mostly relied on conventional manufacturing techniques such as ink-jet printing
(265-267), screen printing (268), aerosol printing (269-271), electrochemical patterning (272-274),
and lithography (275-277) with limitations and challenges. For example, these existing
manufacturing techniques for conducting polymers are limited to low-resolution (e.g., over 100
µm), two-dimensional (e.g., low aspect ratio) patterns, and/or complex and high cost procedures
(e.g., multi-step processes in clean room involving alignments, masks, etchings, post-assemblies)
(265, 266, 268, 275-277), which have hampered rapid innovations and broad applications of
conducting polymers. Unlike these conventional approaches, three-dimensional (3D) printing
offers capabilities to fabricate microscale structures in a programmable, facile, and flexible manner
with a freedom of design in 3D space (278, 279). For example, recent developments of 3D
printable materials such as metals (280, 281), liquid metals (282), hydrogels (283, 284), cell-laden
bioinks (285-287), glass (288), liquid crystal polymers (289), and ferromagnetic elastomers (290)
have greatly expanded the accessible materials library for 3D printing. While intensive efforts have
been devoted to 3D printing of conducting polymers, only simple structures such as isolated fibers
have been achieved (291-293) owing to insufficient 3D printability of existing conducting polymer
inks.
In this Chapter, we introduce a high-performance 3D printable ink based on one of the
most widely utilized conducting polymers poly(3,4-ethylenedioxythiophene):polystyrene
sulfonate (PEDOT:PSS) to take advantage of advanced 3D printing for the fabrication of
conducting polymers. To achieve favorable rheological properties for 3D printing, we develop a
paste-like conducting polymer ink based on cryogenic freezing of aqueous PEDOT:PSS solution
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followed by lyophilization and controlled re-dispersion in water and dimethyl sulfoxide (DMSO)
mixture. The resultant conducting polymer ink exhibits superior 3D printability capable of high
resolution (over 30 µm), high aspect ratio (over 20 layers), and highly reproducible fabrication of
conducting polymers, which are also readily integratable with other 3D printable materials such as
insulating elastomers by multi-material 3D printing. Dry-annealing of the 3D-printed conducting
polymers provides highly conductive (electrical conductivity over 155 S cm-1) and flexible
PEDOT:PSS 3D microstructures in the dry state. Moreover, the dry-annealed 3D-printed
conducting polymers can be readily converted into a soft (Young’s modulus below 1.1 MPa) yet
highly conductive (electrical conductivity up to 28 S cm-1) PEDOT:PSS hydrogel via subsequent
swelling in the wet environment. We further demonstrate a facile and streamlined fabrication of
various functional conducting polymer devices by multi-material 3D printing, including a highdensity flexible electronic circuit and a soft neural probe capable of in vivo single-unit recording.

9.2. 3D printable conducting polymer ink
Conducting polymers are typically used in the form of liquid monomer or polymer solution whose
fluidity prevents their direct use in 3D printing (173, 266, 294). In order to endow rheological
properties required for 3D printing to conducting polymers, we develop a simple process to convert
a commercially-available PEDOT:PSS aqueous solution to a high-performance 3D printable ink
(Figs. 9-1 and 9-2). The pristine PEDOT:PSS solution exhibits a dilute dispersion of PEDOT:PSS
nanofibrils with low viscosity (below 30 Pa s) after cryogenic freezing (Fig. 9-1a,d). Inspired by
3D printability of concentrated cellulose nanofiber suspensions (295, 296), we hypothesize that a
highly concentrated solution of the PEDOT:PSS nanofibrils can provide a 3D printable conducting
polymer ink, due to the formation of entanglements among PEDOT:PSS nanofibrils (Fig. 9-1b).
To test our hypothesis, we first isolate PEDOT:PSS nanofibrils by lyophilizing the pristine
PEDOT:PSS solution. In order to avoid excessive formation of PEDOT-rich crystalline domains
among PEDOT:PSS nanofibrils due to slow ice crystal formation during lyophilization at high
temperature (297), we perform lyophilization in a cryogenic condition (i.e., frozen in liquid
nitrogen). The isolated PEDOT:PSS nanofibrils are then re-dispersed with a binary solvent mixture
(water:DMSO = 85:15 v/v) to prepare concentrated suspensions.
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Figure 9-1 | Design of 3D printable conducting polymer ink. a,b, Pristine PEDOT:PSS solution (a) can
be converted into a 3D printable conducting polymer ink (b) by lyophilization in cryogenic condition and
re-dispersion with a solvent. c, 3D-printed conducting polymers can be converted into a pure PEDOT:PSS
both in dry and hydrogel states by dry-annealing and subsequent swelling in wet environment, respectively.
d, CryoTEM image of a pristine PEDOT:PSS solution. e, CryoTEM image of a 3D printable conducting
polymer ink. f, TEM image of a dry-annealed 3D-printed conducting polymer. g-j, Images of re-dispersed
suspensions with varying PEDOT:PSS nanofibril concentration. k, SAXS characterization of conducting
polymer inks with varying PEDOT:PSS nanofibril concentration. The d-spacing L is calculated by the
Bragg expression L = 2π/qmax. l, Apparent viscosity as a function of shear rate for conducting polymer inks
of varying PEDOT:PSS nanofibril concentration. m, Apparent viscosity of conducting polymer inks as a
function of PEDOT:PSS nanofibril concentration. n, Shear storage modulus as a function of shear stress
for conducting polymer inks of varying PEDOT:PSS nanofibril concentration. o, Shear yield stress of
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conducting polymer inks as a function of PEDOT:PSS nanofibril concentration. For TEM images in d-f,
the experiments were repeated (n = 5) based on independently prepared samples with reproducible results.
Scale bars, 100 nm.

Figure 9-2 | Preparation of 3D printable conducting polymer ink. Step 1, Stirring and filtration of a
pristine PEDOT:PSS aqueous solution; Step 2, Cryogenic freezing of the PEDOT:PSS solution in a liquid
nitrogen bath; Step 3, Lyophilization of the cryogenically frozen PEDOT:PSS solution to isolate
PEDOT:PSS nanofibrils; Step 4, Re-dispersion of the PEDOT:PSS nanofibrils with a solvent mixture
(water:DMSO = 85:15 v/v); Step 5, Mixing and homogenization by using a mortar grinder; Step 6, The
resultant homogeneous 3D printable conducting polymer ink.
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With increasing concentration of the PEDOT:PSS nanofibrils, the suspensions gradually
transit from liquids to thixotropic 3D printable inks (Fig. 9-1g-j) due to the formation of reversible
physical networks of the PEDOT:PSS nanofibrils via entanglements within the solvent (Fig. 9-1e).
We perform small angle X-ray scattering (SAXS) and rheological characterizations to quantify
microscopic and macroscopic evolutions of the conducting polymer ink with varying concentration
of the PEDOT:PSS nanofibrils, respectively (Fig. 9-1k-o). The SAXS characterizations show that
the average distance between PEDOT-rich crystalline domains L (d-spacing calculated by the
Bragg expression L = 2π/qmax) decreases with an increase in the concentration of the PEDOT:PSS
nanofibrils (16.1 nm for 1 wt. % and 7.0 nm for 10 wt. %), indicating closer packing and higher
degree of interactions between the adjacent PEDOT:PSS nanofibrils in more concentrated inks
(Fig. 9-1k).
Rheological measurements of the conducting polymer inks clearly show the transition from
low viscosity liquids (low concentration PEDOT:PSS nanofibrils) to physical gels (high
concentration PEDOT:PSS nanofibrils) with characteristic shear-thinning and shear-yielding
properties for 3D printable inks (279, 280) (Fig. 9-1l-o). The low viscosity and low yield stress of
the conducting polymer inks with low PEDOT:PSS nanofibril concentrations (1-4 wt. %) cause
lateral spreading of 3D-printed inks on the substrate (Fig. 9-1g,h,m,o). On the other hand, the
conducting polymer inks with too high concentrations of PEDOT:PSS nanofibrils (above 8 wt. %)
start to clog printing nozzles due to the formation of large aggregates of PEDOT:PSS nanofibrils
(Fig. 9-1j,m,o). Hence, we find that the intermediate range of PEDOT:PSS nanofibril
concentrations (5-7 wt. %) provides optimal rheological properties and 3D printability (Fig. 91i,m,o). The 3D printable conducting polymer ink can be stored under ambient conditions over a
month without the significant change in rheological properties and printability. After 3D printing,
we dry and anneal the 3D-printed conducting polymers to remove solvents (water and DMSO) and
facilitate the formation of PEDOT-rich crystalline domains and subsequent percolation among
PEDOT:PSS nanofibrils (294) (Fig. 9-1c,f). The resultant dry pure PEDOT:PSS can also be
readily converted into stable pure PEDOT:PSS hydrogels (equilibrium water contents ~ 87 %) by
swelling in a wet environment (294).
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Figure 9-3 | 3D printing of conducting polymers. a-d, SEM images of 3D-printed conducting polymer
meshes by 200-µm (a), 100-µm (b), 50-µm (c), and 30-µm (d) nozzles. e, Sequential snapshots for 3D
printing of a 20-layered meshed structure by the conducting polymer ink. f, 3D-printed conducting polymer
mesh after dry-annealing. g, 3D-printed conducting polymer mesh in hydrogel state. h, Sequential snapshots
for 3D printing of overhanging features over high aspect ratio structures by the conducting polymer ink. i,
3D-printed conducting polymer structure with overhanging features in hydrogel state. Scale bars, 500 µm
(a); 200 µm (b-d); 1 mm (a-d, inset panels); 2 mm (e-i).

9.3. 3D printing of conducting polymers
Superior printability of the conducting polymer ink allows various advanced 3D printing
capabilities including printing of high resolution, high aspect ratio, and overhanging structures
(Fig. 9-3). To demonstrate high resolution printing in microscale, we print meshes of the
conducting polymer ink (7 wt. % PEDOT:PSS nanofibril) through 200-, 100-, 50-, and 30-µm
diameter nozzles (Fig. 9-3a-d). Favorable rheological properties of the conducting polymer ink
further enable the fabrication of multi-layered high aspect ratio microstructures (100-µm nozzle,
20 layers) as well as overhanging features (Fig. 9-3e,h). The 3D-printed conducting polymer
structures can readily be converted into dry and hydrogel forms without loss of the original
microscale structures, owing to the constrained drying (while attached on the substrate) and
swelling property of the pure PEDOT:PSS hydrogels (294) (Fig. 9-3f,g). Furthermore, the 3Dprinted conducting polymer hydrogels exhibit long-term stability in physiological wet
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environments without observable degradation of microscale features (e.g., high aspect ratio and
overhanging structures) after storing in PBS for 6 months.

Figure 9-4 | Multi-material 3D printing of MEA. a, Design and printing paths for a MEA with 60
electrodes and a culture well. b, Sequential snapshots for 3D printing of the MEA based on the conducting
polymer ink and the PDMS ink. c, Image of the 3D-printed MEA placed next to a commercially-available
MEA with the same design fabricated by multi-step lithographic processes and post assembly (left).
Magnified view of the 3D-printed conducting polymer microelectrodes (right). Scale bars, 5 mm (b); 10
mm (c, left panel); 1 mm (c, right panel)

The 3D printable conducting polymer ink can be readily incorporated into multi-material
3D printing processes together with other 3D printable materials. For example, we fabricate a
structure that mimics a high-density multi-electrode array (MEA) based on multi-material 3D
printing of the conducting polymer ink and an insulating polydimethylsiloxane (PDMS) ink with
a total printing time less than 30 min (Fig. 9-4a,b). The 3D-printed MEA-like structure shows a
complex microscale electrode pattern and a PDMS well that are comparable to a commerciallyavailable MEA fabricated by multi-step lithographic processes and post-assembly (Fig. 9-4c).
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9.4. Properties of 3D-printed conducting polymers
The 3D-printed conducting polymer can achieve electrical conductivity as high as 155 S cm-1 in
the dry state and 28 S cm-1 in the hydrogel state, comparable to the previously reported highperformance conducting polymers (266, 277, 294) (Fig. 9-5a). Notably, a smaller nozzle diameter
yields a higher electrical conductivity for the printed conducting polymer, potentially due to shearinduced enhancements in the PEDOT:PSS nanofibril alignment (283). Flexibility of the 3Dprinted conducting polymers allows mechanical bending with maximum strain of 13 % in the dry
state (65 µm radius of curvature with 17 µm thickness) and 20 % in the hydrogel state (200 µm
radius of curvature with 78 µm thickness) without failure. To investigate the effect of mechanical
bending on the electrical performance, we characterize the electrical conductivity of the 3D-printed
conducting polymers (100-µm nozzle, 1 layer) on flexible polyimide substrates as a function of
the bending radius as well as the bending cycle (Fig. 9-5b,c). The 3D-printed conducting polymers
show small changes in the electrical conductivity (less than 5 %) across a wide range of tensile
and compressive bending conditions (radius of curvature, ± 1-20 mm) in both the dry and hydrogel
states (Fig. 9-5b). Furthermore, the 3D-printed conducting polymers can maintain a high electrical
conductivity (over 100 S cm-1 in dry state and over 15 S cm-1 in hydrogel state) after 10,000 cycles
of repeated bending (Fig. 9-5c).

Figure 9-5 | Properties of 3D-printed conducting polymers. a, Conductivity as a function of nozzle
diameter for 3D-printed conducting polymers in dry and hydrogel states. b, Conductivity as a function of
bending radius for 3D-printed conducting polymers in dry (17 µm, thickness) and hydrogel (78 µm,
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thickness) states. PI indicates polyimide. c, Conductivity as a function of bending cycles for 3D-printed
conducting polymers in dry (17 µm, thickness) and hydrogel (78 µm, thickness) states. d, Nyquist plot
obtained from the EIS characterization for a 3D-printed conducting polymer on Pt substrate (78 µm,
thickness) overlaid with the plot predicted from the corresponding equivalent circuit model(227). In the
equivalent circuit models, Re represents electronic resistance, Ri represents ionic resistance, Rc represents
the total ohmic resistance of the cell assembly, CPEdl represents the double-layer constant phase element
(CPE), whereas CPEg represents the geometric CPE. CPE is used to account inhomogeneous or imperfect
capacitance and are represented by the parameters Q and n where Q represents the peudocapacitance value
and n represents the deviation from ideal capacitive behavior. The true capacitance C can be calculated
from these parameters by using the relationship C = Qωmaxn-1, where ωmax is the frequency at which the
imaginary component reaches a maximum(298). The fitted values for 3D-printed PEDOT:PSS are Re =
107.1 Ω, Ri = 105.5 Ω, Rc = 14.07 Ω, Qdl = 1.467 × 10-5 F sn-1, ndl = 0.924, Qg = 4.446 × 10-7 F sn-1, and ndl
= 0.647. e, CV characterization for a 3D-printed conducting polymer on Pt substrate. f, Nanoindentation
characterizations for 3D-printed conducting polymers in dry and hydrogel states with the JKR model fits.
Values in a-c represent the mean and the standard deviation (n = 5 per each testing conditions based on
independently prepared samples and performed experiments).

To further investigate the electrical properties, we perform the electrochemical impedance
spectroscopy (EIS) of the 3D-printed conducting polymers (100-µm nozzle, 1 layer on Pt) (Fig. 95d). The EIS data is fitted to the equivalent circuit model shown in Fig. 9-5d, where Re represents
the electronic resistance, Ri represents the ionic resistance, Rc represents the total ohmic resistance
of the electrochemical cell assembly, and CPEdl and CPEg represent the constant phase elements
(CPE) corresponding to the double-layer ionic capacitance and the geometric capacitance,
respectively (227, 298). The semicircular Nyquist plot shape suggests the presence of comparable
ionic and electronic conductivity in the 3D-printed conducting polymer hydrogels (Fig. 9-5d),
which is confirmed by the extracted fitting parameters of the equivalent circuit model where the
ionic and electronic resistances show comparable magnitudes (Ri = 105.5 Ω and Re = 107.1 Ω).
The cyclic voltammetry (CV) demonstrates a high charge storage capability (CSC) of the
3D-printed conducting polymers (100-µm nozzle, 1 layer on Pt) compared to typical metallic
electrode materials such as Pt with remarkable electrochemical stability (less than 2 % reduction
in CSC after 1,000 cycles) (Fig. 9-5e). The CV of the 3D-printed conducting polymers further
show broad and stable anodic and cathodic peaks under varying potential scan rates (299),
suggesting non-diffusional redox processes and electrochemical stability of the 3D-printed
conducting polymers.
To quantify mechanical properties of the 3D-printed conducting polymers, we conduct
nanoindentation tests (Fig. 9-5f). The 3D-printed conducting polymers display relatively high
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Young’s modulus of 1.5 ± 0.31 GPa in the dry state, similar to the previously reported values for
dry PEDOT:PSS (300) (Fig. 9-5f). In contrast, the 3D-printed conducting polymers in the hydrogel
state exhibit three orders of magnitude reduction in Young’s modulus to 1.1 ± 0.36 MPa,
comparable to those of soft elastomers such as PDMS (Young’s modulus, 1-10 MPa) (Fig. 9-5f).
The softness of 3D-printed conducting polymer hydrogels can offer favorable long-term
biomechanical interactions with biological tissues, which may find a particular advantage in
bioelectronic devices and implants (173, 215, 301).

9.5. 3D printing of conducting polymer devices
Enabled by superior 3D printability and properties, 3D printing of the conducting polymer ink can
offer a promising route for facile and streamlined fabrication of high resolution and multi-material
functional conducting polymer structures and devices (Fig. 9-6). Highly reproducible 3D printing
of conducting polymers in high resolution allows the rapid fabrication of over 100 circuit patterns
with less than 100 µm feature size on a flexible polyethylene terephthalate (PETE) substrate by a
single continuous printing process with a total printing time less than 30 min (Fig. 9-6a). The
resultant 3D-printed conducting polymer electronic circuits exhibit high electrical conductivity to
operate electrical components such as a light emitting diode (LED) (Fig. 9-6b) and flexibility to
withstand bending without mechanical failure (Fig. 9-6c). This programmable, high resolution,
and high throughput fabrication of conducting polymer patterns by 3D printing can potentially
serve as an alternative to ink-jet printing and screen printing with a higher degree of flexibility in
the choice of designs based on applicational demands (265, 268).
We further demonstrate a facile fabrication of a soft neural probe for in vivo bioelectronic
signal recording by 3D printing. The multi-material 3D printing capability in high resolution
allows us to print both insulating encapsulation (PDMS ink) and electrodes (conducting polymer
ink) of the neural probe by a facile continuous printing process (a total printing time less than 20
min) without the need of post-assemblies or complex multi-step procedures in conventional
fabrication methods such as electron-beam lithography (276, 277) (Fig. 9-6d). The resultant probe
consists of nine PEDOT:PSS electrode channels in the feature size of 30 µm in diameter with the
impedance in the range of 50 ~ 150 kΩ at 1 kHz, suitable for in vivo recording of neural activities
(302, 303). After the connector assembly, the 3D-printed soft neural probe is implanted to the
mouse dorsal hippocampus (dHPC, coordinate: −1.8 mm AP; 1.5 mm ML; −1.0 mm DV) with the
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help of a plastic catheter (Fig. 9-6f, top). The 3D-printed soft neural probe can successfully record
continuous neural activities in a freely moving mouse (Fig. 9-6f, bottom) from each channel
including the local field potential (LFP; at 1 kHz) (Fig. 9-6g) and the action potential (AP; at 40
kHz) (Fig. 9-6h) over two weeks. Furthermore, the 3D-printed soft neural probe can record signals
from distinctive single units, isolated from one single channel of the probe (Fig. 9-6i,j).

Figure 9-6 | 3D printing of conducting polymer devices. a, Sequential snapshots for 3D printing of highdensity flexible electronic circuit patterns by the conducting polymer ink. b, Lighting up of LED on the
3D-printed conducting polymer circuit. PETE indicates polyethylene terephthalate. c, Bending of the 3Dprinted conducting polymer circuit without failure. d, Image for 3D-printed soft neural probe with 9channels by the conducting polymer ink and the PDMS ink. e, Image of the 3D-printed soft neural probe in
magnified view. f, Images of the implanted 3D-printed soft neural probe (top) and a freely moving mouse
with the implanted probe (bottom). g,h, Representative electrophysiological recordings in the mouse dHPC
by the 3D-printed soft neural probe. Local field potential (LFP) traces (0.5 to 250 Hz) under freely moving
conditions (g). Continuous extracellular action potential (AP) traces (300 to 40K Hz) recorded under freely
moving conditions (h). i, Principle component analysis of the recorded single-unit potentials from (h). j,
Average two units spike waveforms recorded over time corresponding to clusters in (i). Scale bars, 5 mm
(a-c); 1 mm (d, e); 2 mm (f).
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9.6. Discussion
In this Chapter, we present a high-performance 3D printable conducting polymer ink based on
PEDOT:PSS capable of rapid and flexible fabrication of highly conductive microscale structures
and devices both in the dry and hydrogel states. The conducting polymer ink exhibits superior 3D
printability and ready integrability into advanced multi-material 3D printing processes with other
3D printable materials. Enabled by this capability, we further demonstrate 3D printing-based
fabrication of the high-density flexible electronic circuit and the soft neural probe in a facile, fast,
and significantly streamlined manner. This work not only addresses the existing challenges in 3D
printing of conducting polymers but also offers a new promising fabrication strategy for flexible
electronics, wearable devices, and bioelectronics based on conducting polymers.

9.7. Materials and Methods
9.7.1. Preparation of 3D printable conducting polymer ink
A commercially available PEDOT:PSS aqueous solution (Clevios™ PH1000, Heraeus Electronic
Materials) was stirred vigorously for 6 h at room temperature and filtered with a syringe filter (0.45
µm). The filtered pristine PEDOT:PSS solution was then cryogenically frozen by submerging in
liquid nitrogen bath. The cryogenically frozen PEDOT:PSS solution was lyophilized for 72 h to
isolate PEDOT:PSS nanofibrils. The isolated PEDOT:PSS nanofibrils with varying concentrations
were re-dispersed with a deionized water-DMSO (Sigma-Aldrich) mixture (water:DMSO = 85:15
v/v), followed by thorough mixing and homogenization by a mortar grinder (RM 200, Retcsh).
The prepared conducting polymer ink was kept at 4 °C before use. The detailed procedure for the
3D printable conducting polymer ink preparation is illustrated in Fig. 9-2.
9.7.2. 3D printing procedure
3D printing of the conducting polymer ink and the PDMS ink (SE 1700, Dow Corning) were
conducted based on a custom-designed 3D printer based on a Cartesian gantry system (AGS1000,
Aerotech) (279) with various size of nozzles (200- and 100-µm nozzles from Nordson EFD; 50µm nozzles from Fisnar; 30-µm nozzles from World Precision Instrument). Printing paths were
generated by CAD drawings (SolidWorks, Dassault Systèmes) and converted into G-code by a
commercial software package (CADFusion, Aerotech) and custom Python scripts to command the
x-y-z motion of the printer head.
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After printing, the 3D-printed conducting polymer was dried at 60 °C for 24 h followed by
multiple cycles of annealing at 130 °C (3 cycles with 30 min per each cycle) to yield pure
PEDOT:PSS (294) discussed in Chapter 7. To achieve constrained drying of 3D-printed
conducting polymers in thickness direction, the 3D-printed conducting polymers were placed on a
glass substrate and dry-annealed. The dry-annealed 3D-printed conducting polymer was further
equilibrated in PBS to be converted into a hydrogel state.
9.7.3. Rheological characterization
Rheological characterizations of the conducting polymer inks were conducted by using a rotational
rheometer (AR-G2, TA Instrument) with 20-mm diameter steel parallel-plate geometry. Apparent
viscosity was measured as a function shear rate by steady-state flow tests with a logarithmic sweep
of shear rate (0.01 to 100 s-1). Shear storage modulus (G′) and loss modulus (G″) were measured
as a function of shear stress via oscillation tests with a logarithmic sweep of shear stress (1 to 1,000
Pa) at 1 Hz shear frequency and oscillatory strain of 0.02. Shear yield stress for each sample was
identified as a shear stress at which shear and loss moduli were the same values. All rheological
characterizations were conducted at 25 °C with preliminary equilibration time of 1 min.
9.7.4. Electrical conductivity measurement
Electrical conductivity of the 3D-printed conducting polymers was measured by using a standard
four-point probe (Keithley 2700 digital multimeter, Keithley). To prepare conductivity
measurement samples, one layer of the conducting polymer ink was printed into a rectangular
shape (30 mm in length and 5 mm in width) with 100-µm nozzles on glass substrates (17 µm and
78 µm in thickness for dry-annealed and hydrogel samples, respectively). Copper wire electrodes
(diameter, 0.5 mm) were attached onto the surface of dry-annealed 3D-printed conducting polymer
by applying silver paste, while platinum wire electrodes (diameter, 0.5 mm) were employed for
hydrogels to avoid the corrosion in wet environments. The electrical conductivity 𝜎 of the samples
was calculated as

σ=

𝐼×𝐿
𝑉×𝑊×𝑇
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(9.1)

where I is the current flowing through the sample, L is the distance between the two electrodes for
voltage measurement, V is the voltage across the electrodes, W is the width of the sample, and T is
the thickness of the sample.
For electrical conductivity measurements under cyclic bending, one layer of the conducting
polymer ink was printed into a rectangular shape (30 mm in length and 5 mm in width) with 100µm nozzles on polyimide substrates (17 µm and 78 µm in thickness for dry-annealed and hydrogel
samples, respectively). Cyclic bending of the sample was performed by using a custom-made
fixture with controllable bending radius of curvature.
9.7.5. Electrochemical measurement
Cyclic voltammetry (CV) of the 3D-printed conducting polymer was performed by using a
potentiostat/galvanostat (VersaSTAT 3, Princeton Applied Research) with a range of scan rates
(50 to 500 mV s-1). Pt wires (diameter, 1 mm) were employed as both working and counter
electrodes, and an Ag/AgCl electrode was used as the reference electrode. Prior to all
measurements, the working and counter electrodes were cleaned successively with abrasive paper,
deionized water, and ethyl alcohol. PBS was used as the supporting electrolyte.
Electrochemical impedance spectroscopy (EIS) measurements of the 3D-printed
conducting polymer were carried out by using a potentiostat/galvanostat (1287A, Solartron
Analytical) and a frequency response analyzer (1260A, Solatron Analytical) in an electrochemical
cell installed with Pt sheet as both working and counter electrodes and Ag/AgCl as a reference
electrode. The frequency range between 0.1 and 100 kHz was scanned in PBS with an applied bias
of 0.01 V vs. Ag/AgCl. The EIS data for the 3D-printed conducting polymer was fitted by using
an equivalent circuit model for further analysis (Fig. 9-5d).
9.7.6. In vivo electrophysiology by 3D-printed soft neural probe
Young adult mice (60-70 days old, Balb/C Male Jackson Laboratory Stock # 000651) were used
in the electrophysiological experiments. Mice were maintained under a 12 h light/dark cycle at 2225 °C, and given ad libitum access to tap water and standard chow. All procedures were approved
by the Animal Advisory Committee at Zhejiang University and followed the US National Institutes
of Health Guidelines for the Care and Use of Laboratory Animals. For all surgeries, mice were
anesthetized with 1% pentobarbital (Sigma-Aldrich), and then fixed in a stereotaxic frame. A
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craniotomy was performed at -1.80 mm anterior to bregma and 1.5 mm lateral to the midline. The
incision was closed with tissue glue (VetBondTM, 3M). Electrophysiological recording in the
dHPC was carried out by using the 3D-printed soft neural probe coupling with Neuro Nano Strip
Connectors (Omnetics). All data shown in Fig. 9-6g-j were collected from BALB/c mice in the
dHPC with a 64-channel multi-electrode recording system (Plexon). After the probe implantation,
mice were allowed to recover for at least 3 days. Neuronal signals were referenced to two
connected skull screws (above the prefrontal cortex and cerebellum). Spike sorting was carried out
in Offline Sorter software (Plexon). In the principal component analysis, a rough separation of
units from PNs and interneurons in the dHPC was mainly based on their differences in spike wave
shapes and mean baseline firing rates.
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Chapter 10
Strong wet adhesion of conducting polymer hydrogels for
bioelectronics
10.1. Introduction
Conducting

polymers

such

as

poly(3,4-ethylenedioxythiophene):poly(styrene

sulfonate)

(PEDOT:PSS), polypyrrole (PPy), and polyaniline (PAni) have been widely explored as electrodes
and coatings for electrodes that interface with biological organisms in bioelectronic devices (253,
304-310), owing to their favorable electrochemical stability (226), electrical and mechanical
properties (227, 266, 311-315), and biocompatibility (228, 229, 314). However, weak and unstable
adhesion of conducting polymers on substrates and devices can result in interfacial failures (e.g.,
debonding of conducting polymers) and subsequent loss of functionality, significantly hampering
the reliability and efficacy of bioelectronic devices (172, 173, 223, 249, 307, 308, 316). In light of
this challenge, a few methods have been reported to provide enhanced adhesion of conducting
polymers in wet environment. For example, topological modification of substrates (e.g., nano- and
micro-scale roughness on gold substrates) (317, 318) and electro-deposition of chemicallymodified EDOT monomers (e.g., vinyl-, carboxylic- and amine-modified EDOT) (249, 319, 320)
have been adopted to improve adhesion of wet PEDOT:PSS. However, the previous approaches
require specific types of substrates and/or complicated modification of EDOT monomer, and they
are limited to electro-deposited PEDOT:PSS on conductive substrates, substantially limiting the
applicability of conducting polymers in bioelectronics devices.
In this Chapter, we introduce a general yet simple method to achieve strong adhesion of
various wet conducting polymers including PEDOT:PSS, PPy, and PAni on diverse commonlyused insulating and conductive substrates including glass, polyimide, polydimethylsiloxane
(PDMS), indium tin oxide (ITO) and gold as well as representative bioelectronic devices. The
method is based on introducing a hydrophilic polymer adhesive layer with a thickness of a few
nanometers between the substrate and the conducting polymer. The adhesive layer forms strong
adhesion with the substrate and an interpenetrating polymer network with the conducting polymer.
To implement the method, we choose hydrophilic polyurethane (PU) to form the nanometers-thick
adhesive layer. The adhesive layer can be facilely introduced on a broad range of substrate
materials via diverse fabrication approaches including spin-coating, spray-coating, and dip-coating.
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The resultant interfacial adhesion between wet conducting polymers and various substrates is
strong (e.g., lap-shear strength over 120 kPa) and mechanically and electrochemically stable (e.g.,
no observable interfacial failure after 60 min of ultrasonication and 10,000 charging and
discharging cycles). Our method also allows the use of commercially-available conducting
polymers and hydrophilic PU without the need of complex chemical synthesis or substrate
modification, promising ready and broad applicability to bioelectronic devices. Furthermore, the
method is compatible with various fabrication approaches for conducting polymers including
solvent-casting and electro-deposition, without compromising the electrical or mechanical
properties of conducting polymers.

10.2. Method for strong adhesion of wet conducting polymers on substrates
Instead of modifying a specific conducting polymer or substrate, we propose a general method to
achieve strong adhesion of various wet conducting polymers on diverse substrates by using a
hydrophilic polymer adhesive layer with a thickness of a few nanometers, as illustrated in Fig. 101a. To avoid effects from the surface roughness of substrates, we use substrates with smooth
surface (i.e., mean roughness below 5 nm) in this Chapter. A substrate is first functionalized with
primary amine groups, which can provide an enhanced interfacial adhesion between the substrate
and the adhesive layer via covalent bonds and/or electrostatic interactions (321). Thereafter, the
adhesive layer can be applied to a wide range of substrates by various coating approaches including
spin-coating, spray-coating and dip-coating. Conducting polymers can then be prepared on the
substrate with the adhesive layer from conducting polymer precursors via various approaches such
as solvent-casting of aqueous conducting polymer solutions (e.g., PEDOT:PSS, PPy, PAni) and
electro-deposition of aqueous monomer solutions (e.g., EDOT:PSS). The hydrophilicity and
subsequent swelling of the adhesive layer allow diffusion of the conducting polymer precursors
throughout the adhesive layer (322), subsequently forming an interpenetrating polymer network
between the infiltrated conducting polymer and the adhesive layer (323). The strong adhesion
between the adhesive layer and the substrate, and the interpenetration between the adhesive layer
and the conducting polymer synergistically provide mechanically robust adhesion against
interfacial failures in wet physiological environment (Fig. 10-1b). Furthermore, the conducting
polymer interpenetrates throughout the adhesive layer and directly contacts the underlying
substrate, providing electrical conductivity through the adhesive layer.
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Figure 10-1 | Strong adhesion of wet conducting polymers on diverse substrates. a, Strong adhesion of
a wet conducting polymer on an amine-functionalized substrate with hydrophilic polymer adhesive layer.
b, Strong adhesion of a conducting polymer on a substrate with adhesive layer in wet environment. c,
Solvent-casted wet PEDOT:PSS (10 µm thickness) on a polyimide substrate with a PU adhesive layer (60
nm thickness) can withstand significant mechanical deformations including twisting, bending, and even
folding (the radius of curvature ~ 250 µm) without interfacial failure. Photo Credit: Hyunwoo Yuk, MIT.
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d, Weak and unstable adhesion of a conducting polymer on a substrate without the adhesive layer in wet
environment. e, Solvent-casted wet PEDOT:PSS (10 µm thickness) on a polyimide substrate without the
adhesive layer undergoes interfacial failure upon mechanical deformation of the substrate. Photo Credit:
Hyunwoo Yuk, MIT. f, Distribution of carbon and sulfur atoms in a PU adhesive interface between an
adhered PEDOT:PSS (5 µm thickness) and a PU-coated silicon substrate (1,500 nm PU thickness).

The proposed method can achieve strong adhesion of various wet conducting polymers on
diverse substrates that are inaccessible to previous bonding methods. For example, a solvent-casted
wet PEDOT:PSS on an insulating and flexible polyimide substrate with the PU adhesive layer
exhibits robust adhesion without failure under twisting, bending, and even folding (with the radius
of curvature ~ 250 µm) (Fig. 10-1c). In contrast, a wet PEDOT:PSS on substrates (e.g., glass,
polyimide) without the PU adhesive layer exhibits interfacial failure upon swelling in PBS (Fig.
10-1d,e) due to weak and unstable adhesion formed by physical interactions of wet conducting
polymers with the substrate surface (249) (Fig. 10-1d). To validate formation of an
interpenetrating layer between a conducting polymer and a hydrophilic PU adhesive layer, we
investigate an elemental dispersion of carbon and sulfur atoms in cross-section of the PU adhesive
layer of a cryo-fractured sample (solvent-casted PEDOT:PSS on Si wafer with the PU adhesive
layer) by scanning electron microscopy-energy dispersive X-ray spectroscopy (SEM-EDS). Since
both PEDOT and PSS contain sulfur while the hydrophilic PU is absent of sulfur, the sulfur signal
can serve as an indicator for interpenetration of the PEDOT:PSS into the PU adhesive layer. It is
evident that the sulfur signal can be detected in the PU adhesive layer, indicating the
interpenetration of the PEDOT:PSS throughout the PU adhesive layer (Fig. 10-1f). We further
investigate the interpenetration between PEDOT:PSS and the PU adhesive layer by comparing Xray photoelectron spectroscopy (XPS) spectra of the surface of a wet PEDOT:PSS, and the
surfaces of 60 nm and 1,500 nm PU adhesive layers with PEDOT:PSS interpenetrated from the
other side (Fig. 10-2). We find that the thin PU adhesive layer (60 nm) exhibits almost the same
sulfur S(2p) spectra intensity as the PEDOT:PSS layer (Fig. 10-2d,e), whereas the thick PU
adhesive layer (1,500 nm) shows substantially lower sulfur S(2p) spectra intensity compared to
the PEDOT:PSS layer (Fig. 10-2f). These results indicate that the conducting polymer can
interpenetrate throughout the thin adhesive layer (60 nm), but only partially through the thick
adhesive layer (1,500 nm).
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Figure 10-2 | XPS spectra of solvent-casted PEDOT:PSS with varying thickness of PU adhesive layer.
a-c, XPS general scan spectra for PEDOT:PSS without the PU adhesive layer (a), with the 60 nm PU
adhesive layer (b), and the 1,500 nm PU adhesive layer (c). d-f, XPS S(2p) (sulfur) spectra for PEDOT:PSS
without the PU adhesive layer (d), with the 60 nm PU adhesive layer (e), and the 1,500 nm PU adhesive
layer (f). Conducting polymers with 100 µm thickness were used for all experiments.

10.3. Adhesion strength of wet conducting polymers on diverse substrates
To measure adhesion strength of wet conducting polymers on diverse substrates, we perform lapshear tests to measure interfacial shear strength (ASTM D3163) between the adhered wet
conducting polymer and the substrate (Fig. 10-3). Figure 10-3a shows a typical lap-shear test
sample and a setup in which a wet conducting polymer is sandwiched between a hydrophilic
microporous nylon filter (pore size, 1 µm) and a substrate with the PU adhesive layer. Note that
we choose hydrophilic microporous nylon filters as a backing for the lab-shear tests due to two
reasons: (i) the nylon filters’ high mechanical stiffness (Young’s modulus > 1 GPa) can prevent
undesirable deformation of wet conducting polymers during lap-shear tests and (ii) hydrophilicity
and micro-porosity of the nylon filters allow infiltration of conducting polymers and subsequent
reliable mechanical integration during lap-shear tests. Wet PEDOT:PSS on glass substrates with
the PU adhesive layers exhibits a high shear strength (> 50 kPa) while wet PEDOT:PSS on pristine
glass substrates without the PU adhesive layer shows a very low shear strength (0.08 kPa) and
easily detaches from the substrate (Fig. 10-3b,c).
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Figure 10-3 | Strong adhesion of wet conducting polymers on diverse substrates. a, Image of a lapshear test setup. Photo Credit: Hyunwoo Yuk, MIT. b, Image of adhesive failure during a lap-shear test of
a wet PEDOT:PSS adhered on a pristine glass or a pristine glass with the PU adhesive layer. Photo Credit:
Hyunwoo Yuk, MIT. c, Image of cohesive failure during a lap-shear test of a wet PEDOT:PSS adhered on
an amine-functionalized glass with the PU adhesive layer. Photo Credit: Hyunwoo Yuk, MIT. d, Lap-shear
strength of wet PEDOT:PSS on a pristine glass substrate without the PU adhesive layer, a pristine glass
substrate with the PU adhesive layer, and an amine-functionalized glass substrate with the PU adhesive
layer. e, Lap-shear strength of various wet conducting polymers (PEDOT:PSS, PPy, PAni) on pristine glass
substrates without the PU adhesive layer and amine-functionalized glass substrates with the PU adhesive
layer. f, Lap-shear strength of a wet PEDOT:PSS on various amine-functionalized insulating and
conductive substrates with the PU adhesive layers. Conducting polymers with 50 µm thickness and PU
adhesive layers with 60 nm thickness were used for all experiments. Values in c-e represent mean and the
error bars represent 95% CI of the measured values (n = 5). P values are determined by Student’s t test.
**P ≤ 0.01; ***P ≤ 0.001.

We further investigate effect of surface functionalization of substrates with primary amine
groups on the adhesion performance. We compare shear strength and modes of failure in lap-shear
tests for wet PEDOT:PSS on PU-coated glass substrates with and without primary amine
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functionalization. The wet PEDOT:PSS on the amine-functionalized glass substrate with the PU
adhesive layer exhibits cohesive failure (i.e., failure occurs within wet PEDOT:PSS) (Fig. 10-3c)
while the wet PEDOT:PSS on the pristine glass substrate with the PU adhesive layer demonstrates
adhesive failure (i.e., failure occurs between the PU adhesive layer and the substrate) (Fig. 10-3b).
Moreover, the amine-functionalized glass substrate with the PU adhesive layer provides a much
higher shear strength than the pristine glass substrate with the PU adhesive layer (160 kPa vs. 54
kPa) (Fig. 10-3d). Hence, the amine functionalization is a critical step to achieve strong adhesion
between the PU adhesive layer and the substrate, due to enhanced adhesion of hydrophilic PU on
amine-functionalized substrates (323). We also find that the PU adhesive layer can provide strong
adhesion of wet PEDOT:PSS (shear strength over 120 kPa) consistently over a wide range of the
PU layer’s thickness (6 nm to 1,500 nm).
The proposed method is also applicable to various wet conducting polymers as well as a
wide range of insulating and conductive substrates (Fig. 10-3e,f). Solvent-casted wet PEDOT:PSS,
PPy, and PAni on amine-functionalized glass substrates with the PU adhesive layers provide a
significantly higher shear strength than the counterparts on pristine glass substrates without the PU
adhesive layer (160 kPa vs. 0.1 kPa for PEDOT:PSS; 39 kPa vs. 0.4 kPa for PPy; 37 kPa vs. 1.9
kPa for PAni) (Fig. 10-3e). Note that all conducting polymers undergo cohesive failure in the labshear tests, indicating that the adhesive interface with the PU adhesive layer is stronger than the
bulk wet conducting polymer and that the measured adhesion strength is determined by the shear
strength of the bulk wet conducting polymer. The proposed method also enables strong adhesion
of wet PEDOT:PSS on diverse amine-functionalized insulating and conductive substrates
including glass (shear strength,160 kPa), polyimide (shear strength, 116 kPa), PDMS (shear
strength, 111 kPa), ITO-glass (shear strength, 149 kPa), and gold (shear strength, 146 kPa) (Fig.
10-3f). We find that wet PEDOT:PSS on polyimide substrates with the PU adhesive layers exhibits
negligible enhancement in the shear strength by amine functionalization, which might result from
good inherent adhesion of the hydrophilic PU on polyimide.

10.4. Electrical and mechanical properties of adhered wet conducting polymers
While the hydrophilic PU adhesive layers can provide strong adhesion between wet conducting
polymers and substrates, they should not affect the electrical or mechanical properties of the
conducting polymers in applications. To investigate this requirement, we systematically
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characterize the electrical and mechanical properties of PEDOT:PSS adhered by the PU adhesive
layer as a representative conducting polymer (Fig. 10-4). We measure the electrical conductivity
of wet PEDOT:PSS without and with the PU adhesive layer of varying thickness by a standard 4point probe method in wet physiological environment (hydrated in PBS) (Fig. 10-4a). The
electrical conductivity of the wet PEDOT:PSS exhibits no statistically significant differences (P >
0.5) over a wide range of the PU adhesive layer thickness (6 nm to 1,500 nm), indicating
insignificant effect of the PU adhesive layer on the electrical properties of wet PEDOT:PSS (Fig.
10-4b). To probe the effect of the PU adhesive layer on electrical conductivity between wet
PEDOT:PSS and underlying electrodes, we measure the sheet resistance of the wet PEDOT:PSS
on the amine-functionalized ITO-glass electrodes without (Ri) and with (Rii) the PU adhesive layer
(Fig. 10-4c). Notably, the nanometers-thick PU adhesive layer (6 nm or 60 nm) gives negligible
change in the measured sheet resistance (i.e., sheet resistance ratio Ri/Rii ~ 1), while the
micrometer-thick PU adhesive layer (1,500 nm) results in substantially increased interfacial
resistance (i.e., Ri/Rii << 1) (Fig. 10-4d). As identified in the XPS characterizations, PEDOT:PSS
can interpenetrate throughout the thin PU adhesive layer (60 nm), but only partially through the
thick PU adhesive layer (1,500 nm). Hence, the thick PU adhesive layer can substantially increase
the interfacial resistance between the wet conducting polymer and the underlying electrode
whereas the sufficiently thin (i.e., nanometers-thick) PU adhesive layer can provide low interfacial
resistance.
To further investigate the effect of the PU adhesive layer’s thickness on electrical property
of the adhesive interface, we perform electrochemical impedance spectroscopy (EIS) analysis of
wet PEDOT:PSS on amine-functionalized ITO-glass electrodes without and with the PU adhesive
layer (60 nm or 1,500 nm thickness) (Figs. 10-4e and 10-5) (298). It can be seen that the
PEDOT:PSS adhered on the ITO-glass electrode via the thin PU adhesive layer (60 nm) can
provide favorable electrical property (i.e., lower impedance than the bare ITO-glass electrode in
the low frequency region) due to enhanced capacitance of the electrode from the adhered wet
PEDOT:PSS (Figs. 10-4f and 10-5a,b). In addition, the thick PU adhesive layer (1,500 nm)
exhibits much lower capacitance and higher impedance than the thin PU adhesive layer (60 nm)
(Figs. 10-4f and 10-5c). These results indicate that the nanometers-thick PU adhesive layer is
essential to provide highly conductive interface between the adhered wet conducting polymers and
the underlying electrodes.
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To quantitatively evaluate the effect of the PU adhesive layer on the mechanical properties of wet
PEDOT:PSS, we perform tensile tests of solvent-casted wet PEDOT:PSS in PBS without and with
the PU adhesive layer of varying thickness. The Young’s moduli and the ultimate tensile strain of
the wet PEDOT:PSS (100 µm thickness) with the PU adhesive layer of varying thickness (6 nm to
1,500 nm) exhibit no statistically significant difference compared to the wet PEDOT:PSS without
the PU adhesive layer (P > 0.5). Hence, the PU adhesive layer can provide strong adhesion of wet
PEDOT:PSS without compromising the mechanical properties of wet PEDOT:PSS.
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Figure 10-4 | Electrical properties of adhesive interface by varying PU adhesive layer thickness. a,
Schematic illustration of an electrical conductivity measurement setup for a wet PEDOT:PSS with the PU
adhesive layer by the standard 4-point probe method. b, Conductivity of wet PEDOT:PSS with varying PU
adhesive layer thickness. c, Schematic illustration of a sheet resistance measurement setup for a wet
PEDOT:PSS prepared on ITO-glass electrodes without and with the PU adhesion layer. d, Sheet resistance
ratio Ri/Rii between a wet PEDOT:PSS prepared on a ITO-glass electrode without the PU adhesion layer
and a wet PEDOT:PSS prepared on a ITO-glass electrode with varying thickness of the PU adhesion layer.
e, Schematic illustration of an EIS setup for a wet PEDOT:PSS prepared on a ITO-glass electrode with the
PU adhesion layer. f, EIS curves for a bare ITO-glass electrode, a wet PEDOT:PSS (10 µm thickness) on
an amine-functionalized ITO-glass electrode with the PU adhesive layer (60 nm thickness), and a wet
PEDOT:PSS (10 µm thickness) on an amine-functionalized ITO-glass electrode with the PU adhesive layer
(1,500 nm thickness). Values in b,d represent mean and the error bars represent 95% CI of the measured
values (n = 5). Statistical significance and P values are determined by one-way ANOVA and Tukey’s
multiple comparison test. ****P ≤ 0.0001; ns, not significant.

Figure 10-5 | Nyquist plots for EIS measurements of adhesive interface by varying PU adhesive layer
thickness. a-c, Nyquist plot obtained from the EIS measurement of a bare ITO-glass electrode (a), a wet
PEDOT:PSS (10 µm thickness) on an amine-functionalized ITO-glass electrode with the PU adhesive layer
(60 nm thickness) (b), and a wet PEDOT:PSS (10 µm thickness) on an amine-functionalized ITO-glass
electrode with the PU adhesive layer (1,500 nm thickness) (c) overlaid with the plot predicted from the
corresponding equivalent circuit models. In the equivalent circuit models, Ri represents ionic resistance for
the electrolyte, Re represents electronic resistance of the ITO-glass electrode, Re,CP represents electronic
resistance of the wet conducting polymer, Re,PU represents electronic resistance of the PU adhesive layer,
CPEdl represents the double-layer capacitive phase element (CPE) for the ITO-glass electrode, CPECP
represents CPE of the wet conducting polymer, and CPEPU represents CPE of the PU adhesive layer. CPE
is used to account inhomogeneous or imperfect capacitance, and are represented by the parameters Q and
n where Q represents the peudocapacitance value and n represents the deviation from ideal capacitive
behavior. The true capacitance C can be calculated from these parameters by using the relationship C =
Qωmaxn-1, where ωmax is the frequency at which the imaginary component reaches a maximum.

10.5. Mechanical and electrochemical stability of adhered wet conducting polymers
To ensure long-term functionality and reliability of bioelectronic devices in wet physiological
environment, mechanical and electrochemical stability of conducting polymers on substrates is
one of the most critical requirements. We evaluate the mechanical stability of adhered wet
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conducting polymers by characterizing interfacial failures and electrical properties of solventcasted wet PEDOT:PSS on ITO-glass electrodes with the PU adhesive layers under prolonged
ultrasonication in PBS (249) (Fig. 10-6). The solvent-casted PEDOT:PSS on the ITO-glass
electrode without the PU adhesive layer undergoes complete interfacial delamination after
ultrasonication for 1 min in PBS (Fig. 10-6a). In contrast, the solvent-casted PEDOT:PSS on the
amine-functionalized ITO-glass electrode with the PU adhesive layer remains intact (Fig. 10-6b)
and shows negligible deterioration in electrical property (Fig. 10-6c) after ultrasonication for 10
min in PBS, demonstrating superior mechanical stability of the adhesion. Furthermore, a solventcasted wet PEDOT:PSS on a amine-functionalized PDMS substrate with the PU adhesive layer
can withstand and remain intact without interfacial failure after 10,000 cycles of bending (the
radius of curvature ~ 2 mm) in PBS.
We further investigate the electrochemical stability of adhered wet conducting polymers
by evaluating the electrochemical properties of solvent-casted PEDOT:PSS on aminefunctionalized Pt electrodes with the PU adhesive layers based on cyclic voltammetry (CV) tests
in PBS (249, 324) (Fig. 10-6d). The CV curves show a small change over 10,000 charging and
discharging cycles with less than 6 % decrease in charge storage capability (CSC) after 10,000 CV
cycles, demonstrating superior electrochemical stability of the adhesion (Fig. 10-6d,e). Moreover,
the wet PEDOT:PSS on the Pt electrode with PU adhesive layer remains intact without any
observable interfacial failure after 10,000 charging and discharging cycles (Fig. 10-6e).
The proposed method is also applicable to conducting polymers prepared by electrodeposition, which has been widely adopted to introduce conducting polymers on existing
bioelectronic devices (173). To evaluate mechanical and electrochemical stability of electrodeposited conducting polymers adhered by the PU adhesive layer, we perform the same set of tests
(i.e., ultrasonication, EIS, and CV) for electro-deposited PEDOT:PSS (Fig. 10-7). Similar to
solvent-casted PEDOT:PSS, the electro-deposited PEDOT:PSS on the ITO-glass electrodes with
the PU adhesive layers exhibits superior mechanical stability against prolonged ultrasonication as
well as electrochemical stability in wet physiological environment (Fig. 10-7).
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Figure 10-6 | Adhesion stability of solvent-casted wet conducting polymers. a, Images of a solventcasted wet PEDOT:PSS on a ITO-glass substrate without the PU adhesive layer before and after
ultrasonication for 1 min. Photo Credit: Hyunwoo Yuk, MIT. b, Images of a solvent-casted wet
PEDOT:PSS on an amine-functionalized ITO-glass substrate with the PU adhesive layer before and after
ultrasonication for 10 min. Photo Credit: Hyunwoo Yuk, MIT. c, EIS curves for a solvent-casted wet
PEDOT:PSS on an amine-functionalized ITO-glass substrates with the PU adhesive layer before and after
ultrasonication for 10 min. d, Long-term CV curves for a solvent-casted wet PEDOT:PSS on an aminefunctionalized Pt electrode with the PU adhesive layer in PBS. e, Measured CSC vs. CV cycle number for
a solvent-casted wet PEDOT:PSS on an amine-functionalized Pt electrode with the PU adhesive layer in
PBS. Photo Credit: Hyunwoo Yuk, MIT. Conducting polymers with 10 µm thickness and PU adhesive
layers with 60 nm thickness were used for all experiments.
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Figure 10-7 | Adhesion stability of electro-deposited wet conducting polymer. a, Images of an electrodeposited wet PEDOT:PSS on a ITO-glass substrate without the PU adhesive layer before and after
ultrasonication for 1 min. Photo Credit: Hyunwoo Yuk, MIT. b, Images of an electro-deposited wet
PEDOT:PSS on an amine-functionalized ITO-glass substrate with the PU adhesive layer before and after
ultrasonication for 1 min. Photo Credit: Hyunwoo Yuk, MIT. c, EIS curves for a ITO-glass electrode
without the PU adhesive layer, an electro-deposited wet PEDOT:PSS on a ITO-glass electrode without the
PU adhesive layer, and an electro-deposited wet PEDOT:PSS on an amine-functionalized ITO-glass
electrode with the PU adhesive layer. d, EIS curves for an electro-deposited wet PEDOT:PSS on an amine-
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functionalized ITO-glass electrode with the PU adhesive layer before and after ultrasonication for 60 min
in PBS. e, Long-term CV curves for an electro-deposited wet PEDOT:PSS on an amine-functionalized Pt
electrode with the PU adhesive layer in PBS. f, Measured CSC vs. CV cycle number for an electro-deposited
wet PEDOT:PSS on an amine-functionalized Pt electrode with the PU adhesive layer in PBS. Conducting
polymers with 500 nm thickness and PU adhesive layers with 60 nm thickness were used for all experiments.

10.6. Strong adhesion of wet conducting polymers on bioelectronic devices
While electro-deposited PEDOT:PSS has been intensively studied to improve electrical properties
of various bioelectrodes (e.g., low impedance, high charge injection capacity, low rigidity), poor
long-term stability of the electro-deposited PEDOT:PSS on bioelectrodes in wet physiological
environment has been one major hurdle that significantly limits their utility in practice (228, 249,
317, 320). The new capability of forming strong, conductive, and mechanically and
electrochemically stable adhesion between conducting polymers and diverse substrates allows us
to readily electro-deposit conducting polymers on various existing bioelectronic devices,
achieving high robustness in wet physiological conditions (Fig. 10-8).
Existing bioelectronic devices can be approximately classified into two categories based
on configurations of their electrodes (213, 216). In the first category, bioelectronic devices such
as electrocorticography (ECoG) arrays (325), Michigan probes (326), and multi-electrode array
(MEA) consist of planar-microelectrodes on the device substrates to provide bioelectronic sensing
or stimulation (Fig. 10-8a). In the second category, bioelectronic devices such as Utah arrays (327),
microwire electrode arrays (328), and fiber probes (303) consist of tip-microelectrodes at end-tips
of the devices (Fig. 10-8b). To demonstrate flexibility and ready applicability of the proposed
method to robustly integrate conducting polymers with various bioelectronic devices in wet
physiological environment, we choose commercially-available MEA with Au microelectrodes
(Fig. 10-8c) and polytetrafluoroethylene (PTFE)-coated Pt microwire electrodes (Fig. 10-8f) as
representative examples for bioelectronic devices with planar-microelectrodes and tipmicroelectrodes, respectively.
Due to weak and unstable adhesion between electro-deposited PEDOT:PSS and Au
electrodes, the electro-deposited PEDOT:PSS on the MEA (electrode diameter, 100 µm) without
the PU adhesive layer undergoes significant deterioration in electrical property (Fig. 10-8c) and is
damaged and nearly disappeared from the electrode surface after ultrasonication for 5 min in PBS
(Fig. 10-8d). In contrast, the electro-deposited PEDOT:PSS on the MEA with the PU adhesive
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layer exhibits no observable change in electrical property (Fig. 10-8c) and remains intact after
ultrasonication for 60 min in PBS (Fig. 10-8e), demonstrating strong adhesion and superior
stability of the adhesion. Similarly, the electro-deposited PEDOT:PSS on the Pt microwire
electrode (wire diameter, 100 µm) without the PU adhesive layer experiences significant
deterioration in electrical property (Fig. 10-8f) and shows mechanical damage with the bare Pt
electrode exposed after ultrasonication for 5 min in PBS (Fig. 10-8g), while the electro-deposited
PEDOT:PSS on the Pt microwire electrode with the PU adhesive layer (only formed on Pt surface
not PTFE coating) exhibits negligible deterioration in electrical property (Fig. 10-8f) as well as
mechanical integrity after ultrasonication for 30 min in PBS (Fig. 10-8h).
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Figure 10-8 | Strong adhesion of wet conducting polymers on various bioelectronic devices. a, Strong
adhesion of wet conducting polymers on bioelectronic devices with planar-microelectrodes. Images of the
devices are reproduced with permission of IOP Publishing Ltd from ref. (325) (ECoG electrode array) and
Wiley-VCH Verlag from ref. (326) (Michigan probe). b, Strong adhesion of wet conducting polymers on
bioelectronic devices with tip-microelectrodes. Images of the devices are reproduced with permission of
IEEE from ref. (327) (Utah array) and National Academy of Sciences from ref. (328) (microwire electrode
array). c, EIS curves for electro-deposited wet PEDOT:PSS on amine-functionalized Au electrodes of a
commercially-available micro-electrode array (MEA) with and without the PU adhesive layer before and
after ultrasonication in PBS. d, Optical microscope images of an electro-deposited wet PEDOT:PSS on a
MEA without the PU adhesive layer before and after ultrasonication for 5 min in PBS. e, Optical microscope
images of an electro-deposited wet PEDOT:PSS on an amine-functionalized MEA with the PU adhesive
layer before and after ultrasonication for 60 min in PBS. f, EIS curves for electro-deposited wet
PEDOT:PSS on amine-functionalized commercially-available PTFE-coated Pt microwire electrodes with
and without the PU adhesive layer before and after ultrasonication in PBS. g, SEM images of an electrodeposited PEDOT:PSS on a Pt microwire electrode without the PU adhesive layer before and after
ultrasonication for 5 min in PBS. h, SEM images of an electro-deposited PEDOT:PSS on an aminefunctionalized Pt microwire electrode with the PU adhesive layer before and after ultrasonication for 30
min in PBS. Conducting polymers with 500 nm thickness and PU adhesive layers with 60 nm thickness
were used for all experiments.

10.7. Conclusion
In this Chapter, we present a general yet simple method to achieve strong adhesion of various wet
conducting polymers on diverse substrates through intermediate hydrophilic polymer adhesive
layers. While we choose the hydrophilic PU as the adhesive layer in this study, other hydrophilic
polymers such as poly(vinyl alcohol) (PVA) may also be adopted as the adhesive layer. The
proposed method can provide robust interfacial integration of various wet conducting polymers
such as PEDOT:PSS, PPy, and PAni on a wide range of insulating and conductive substrates
including glass, PDMS, polyimide, ITO, and gold as well as bioelectronic devices with
representative form factors. The resultant conducting polymers adhered on substrates achieve
superior adhesion performance (shear strength over 120 kPa) and remarkable mechanical and
electrochemical stability without compromising electrical or mechanical properties of the
conducting polymers. Our method is compatible with various fabrication approaches for
conducting polymers including solvent-casting and electro-deposition and allows the use of
commercially-accessible off-the-shelf materials (e.g., hydrophilic PU, conducting polymers),
offering ready and broad applications in bioelectronic devices. The method also gives strong
adhesion for very thin spin-coated conducting polymers (100 nm thickness) in wet physiological
environment. This technology provides not only a simple yet effective method to solve the long172

standing challenge of robust integration of conducting polymers in bioelectronic devices, but also
a general strategy to achieve strong adhesion between various hydrogels and substrates.

10.8. Materials and Methods
10.8.1. Amine functionalization of diverse substrates
To functionalize glass, PDMS, and ITO-glass substrates with primary amine groups, substrates
were first cleaned by washing with acetone, ethanol, and deionized in sequence followed by drying
under nitrogen flow. The cleaned substrates were then activated by an oxygen plasma cleaner (30
W at 20 mTorr pressure, Harrick Plasma) for 3 min (1 min for PDMS). After oxygen plasma
treatment, the substrates were immersed into 50 mL of silane solution (10 µL acetic acid, 1 w/v %
3-aminopropyl trimehtoxysilane (APTMS) in 100 mL deionized water) for 1 h at room temperature.
After incubation in the silane solution, the substrates were thoroughly washed with deionized water
and dried under nitrogen flow.
To functionalize Pt electrodes with primary amine groups, substrates were first cleaned by
Piranha solution (3:1 mixture of concentrated sulfuric acid and 30 % hydrogen peroxide solution).
The cleaned substrates were then washed with deionized water and dried under nitrogen flow. The
substrates were then immersed into 50 mL of silane solution (10 µL acetic acid, 1 w/v % 3aminopropyl trimehtoxysilane in 100 mL deionized water) for 1 h at room temperature. After
incubation in the silane solution, the substrates were thoroughly washed with deionized water and
dried under nitrogen flow.
To functionalize gold substrates or a MEA (with Au electrodes) with primary amine groups,
substrates were first cleaned by washing with acetone, ethanol, and deionized in sequence followed
by drying under nitrogen flow. The cleaned substrates were then further cleaned by an oxygen
plasma cleaner (30 W at 20 mTorr pressure, Harrick Plasma) for 3 min. After oxygen plasma
treatment, the substrates were immersed into 50 mL of 1 mM aqueous cysteamine solution for 1 h
at room temperature. After incubation in the cysteamine solution, the substrates were thoroughly
washed with deionized water and dried under nitrogen flow.
To functionalize polyimide substrates with primary amine groups, substrates were first
cleaned by washing with acetone, ethanol, and deionized in order followed by drying under
nitrogen flow. The cleaned substrates were then immersed into 50 mL of 10 w/v % aqueous
hexamethylenediamine (HMDA) solution for 6 h at room temperature. After incubation in the
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HMDA solution, the substrates were thoroughly washed with deionized water and dried under
nitrogen flow.
10.8.2. Formation of strong adhesion of conducting polymers
A hydrophilic polyurethane (HydroMed D3, AdvanSource Biomaterial) and a poly(vinyl alcohol)
(PVA; Mw = 124,000, Sigma-Aldrich) were used as PU adhesive layer and PVA adhesive layer,
respectively. To prepare a hydrophilic PU solution, varying concentrations (1 ~ 5 wt. %) of PU
were dissolved in mixture of ethanol and deionized water (95:5 = ethanol:water v/v). To prepare a
PVA solution, 1 wt. % of PVA was dissolved in deionized water heated at 90 °C. For planar
substrates and devices in this study, the adhesive layer was introduced in controlled manner by
spin-coating of the hydrophilic PU solution or the PVA solution at 2,000 rpm for 30 s. For nonplanar substrates and devices in this study, the adhesive layer was introduced in controlled manner
by dip-coating of the hydrophilic PU solution or the PVA solution with pulling-rate of 1 cm min1

. After spin-coating or dip-coating, the PU- or PVA-coated substrates were annealed at 80 °C for

1 h. In experiments, PU adhesive layer with 60 nm thickness was used unless otherwise mentioned.
For strong adhesion of wet conducting polymers, conducting polymers were prepared either by
solvent-casting or electro-deposition on the PU- or PVA-coated substrates following the
previously reported protocols (249, 311, 329, 330).
For solvent-casted or spin-coated PEDOT:PSS, 15 v/v % dimethyl sulfoxide (DMSO) was
added into a commercially-available aqueous PEDOT:PSS dispersion (CleviousTM PH1000,
Heraeus Electric Materials) and vigorously stirred for 6 h at room temperature. The mixed
PEDOT:PSS dispersion was then filtered by PTFE filter (pore size, 5 µm) and solvent-casted or
spin-coated on the PU- or PVA-coated substrates followed by air-drying for 12 h at room
temperature and subsequent annealing for 30 min at 120 °C. To obtain wet PEDOT:PSS adhered
on the substrate, the samples were soaked in PBS for 1 h before use.
For solvent-casted PPy, an aqueous pyrrole solution (0.3 M pyrrole and 0.1 M sodium
dodecyl sulfate in deionized water) and an aqueous oxidant solution (0.3 M ammonium persulfate
in deionized water) were mixed in 1:1 by volume, and vigorously stirred for 3 min at room
temperature. The mixed solution was solvent-casted on the PU-coated substrates and incubated in
ambient condition for 30 min. To obtain wet PPy adhered on the substrate, the samples were soaked
in PBS for 1 h before use.
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For solvent-casted PAni, an aqueous aniline solution (1.42 M aniline and 1.42 M
hydrochloric acid in deionized water) and an aqueous oxidant solution (1.42 M ammonium
persulfate in deionized water) were mixed in 1:1 by volume, and vigorously stirred for 1 min at
4 °C. The mixed solution was solvent-casted on the PU-coated substrates and incubated in ambient
condition for 30 min. To obtain wet PAni adhered on the substrate, the samples were soaked in
PBS for 1 h before use.
For electro-deposited PEDOT:PSS, a EDOT:PSS precursor solution (0.02 M EDOT, 0.04
M PSS, and 0.1 M LiClO4 in deionized water) was electropolymerized by an electrochemical
potentiostat/galvanostat (PGSTAT30, Metrohm Autolab). A PU-coated electrode, a Pt sheet, and
a Ag/AgCl wire were used as a working electrode, a counter electrode, and a reference electrode,
respectively. The electropolymerization of EDOT was performed at 1.0 V vs. Ag/AgCl (38 mC
cm-2) for ITO-glass substrates and at 1.0 V vs. Ag/AgCl (43 mC cm-2) for MEA with Au electrodes.
10.8.3. Mechanical characterization
Before mechanical characterizations, all samples were immersed in PBS for 1 h to hydrate the
conducting polymers. Interfacial shear strength was measured by lap-shear tests (ASTM D3163)
with an overlap area (length, 20 mm; width, 25 mm). The lap-shear test samples were prepared by
solvent-casting of conducting polymers. A hydrophilic nylon filter (1 µm pore size, TISCH
Scientific) was covered on top of a conducting polymer precursor solution on the substrate to
provide a robustly integrated backing. The lap-shear tests were performed by using a mechanical
testing machine (2 kN load cell, Zwich/Roell Z2.5) at the crosshead speed of 50 mm min-1. The
interfacial shear strength was determined by dividing the peak measured force by the overlap area.
Tensile tests were performed in PBS bath with dog-bone shape samples by using a mechanical
tester (U-stretch, CellScale) to avoid dehydration of the wet conducting polymers during tests.
Ultrasonication of samples was conducted by using a sonicator (VWR) with PBS bath at 25 °C.
10.8.4. Electrical characterization
Electrical conductivity was measured by using a standard four-point probe (SCS-4200, Keithley).
Sheet resistance was measured by using a digital multimeter (Fluke) with an applied potential bias
of 100 mV. All conducting polymer samples used for electrical conductivity and sheet resistance
measurements were fully hydrated by immersing in PBS for 1h before the tests. EIS measurements

175

were performed by using a potentiostat/galvanostat (1287A, Solartron Analytical) and a frequency
response analyzer (1260A, Solatron Analytical) in an electrochemical cell installed with a wet
PEDOT:PSS on a ITO-glass electrode (without or with the PU adhesive layer) as a working
electrode, a Pt sheet as a counter electrode, a Ag/AgCl wire as a reference electrode, and PBS as
an electrolyte. The frequency range between 0.1 and 100 kHz was scanned with an applied
potential bias of 10 mV vs. Ag/AgCl.
CV measurements were performed by using an electrochemical potentiostat/galvanostat
(PGSTAT30, Metrohm Autolab) with the potential scan rate of 150 mV s-1 in an electrochemical
cell installed with a wet PEDOT:PSS on a Pt electrode with the PU adhesive layer as a working
electrode, a Pt sheet as a counter electrode, a Ag/AgCl wire as a reference electrode, and PBS as
an electrolyte. The CSC of the sample was calculated from the measured CV data as
^%

CSC = 3

^&

𝑖(𝐸)
𝑑𝐸
2𝑣𝐴

(10.1)

where v is the scan rate, E2 and E1 are the potential window, i is the current at each potential, and
A is the area of the wet PEDOT:PSS on Pt electrode, respectively.
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Chapter 11
Bioadhesive electronics
11.1. Introduction
In tandem with recent advances in miniaturized and flexible electronics, the integration of
bioelectronic devices in close contact with biological tissues has been intensively explored in a
broad range of diagnostic and therapeutic applications (331-333). To ensure reliable functions of
bioelectronic devices in these applications, it is crucial to establish conformal and stable contact
between the device and the target tissue (334, 335). Whilst physical attachment of flexible
bioelectronic devices on tissues has been demonstrated, such attachment is limited to thin devices
with a thickness mostly less than 5 μm (336-340). In addition, since physical attachment relies on
relatively weak bonds such as van der Waals interactions (341, 342) or capillarity (337), these thin
devices may still debond from wet dynamic tissues, especially in long-term applications (334, 343,
344) (Fig. 11-1a).
Conventional surgical fixation through sutures has been adopted for more stable integration
of bioelectronic devices, especially for devices that are not in a thin-film form (345-347). However,
suturing can cause tissue damage and stress concentration at piercing points, and consequent scar
formation (348) (Fig. 11-1b). Furthermore, it is challenging to suture bioelectronic devices to
fragile (for example, spinal cord, peripheral nerve) (349, 350) and dynamic (for example, heart)
(177, 181) tissues and organs. For example, suturing of epicardial pacing-wires after heart surgery
can cause significant tissue damage and bleeding (351). More recently, bioadhesives have been
explored to integrate bioelectronic devices to tissues and organs, mainly the skin (352-355).
However, the poor adhesion performance (such as incompatibility with wet surfaces, slow
adhesion formation, weak adhesion and difficulty in handling the adhesives) and limited electrical
properties (such as low electrical conductivity and high impedance) of existing bioadhesives have
prevented them from providing conformal, robust yet electrically functional integration between
bioelectronic devices and wet dynamic tissues (37, 81, 134, 343, 355-358).
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Figure 11-1 | Design and mechanism of the e-bioadhesive interface. a, Schematic illustrations for the
physical attachment of a bioelectronic device on a tissue. b, Schematic illustrations for the suturing of a
bioelectronic device on a tissue. c, Schematic illustration of a bioelectronic device adhered by the ebioadhesive interface on a wet dynamic tissue for robust integration and bioelectronic communication (top
panel). Schematic illustration of a magnified cross-sectional view of the e-bioadhesive interface enabling
electrical recording and stimulation between bioelectronic device and tissue (bottom panel). d-f, Materials
design and properties of the graphene nanocomposite-based e-bioadhesive interface capable of providing
anisotropic out-of-plane swelling (d), rapid and robust adhesion on wet tissues (e), and high electrical
conductivity (f).

In this Chapter, we introduce an electrical bioadhesive (e-bioadhesive) interface to achieve
rapid, robust, conformal, and electrically conductive integration of bioelectronic devices to various
wet dynamic tissues (Fig. 11-1c), synergistically utilizing the bioadhesive and bioelectronic
technologies in the previous Chapters. The e-bioadhesive interface is enabled by a thin layer of a
graphene nanocomposite that can readily adhere bioelectronic devices to wet dynamic tissue
surfaces. When the dry e-bioadhesive interface contacts a wet tissue surface, the e-bioadhesive
interface removes water from the wet tissue surface by hydration and subsequent anisotropic (only
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in the thickness direction) swelling, forming rapid and robust integration with the tissue surface
within five seconds (359) (Fig. 11-1d,e). After adhered on the tissue surface, the e-bioadhesive
interface becomes a thin layer of a graphene nanocomposite hydrogel with high water content,
softness and stretchability, matching the mechanical properties of soft biological tissues. The ebioadhesive interface can be made electrically conductive if it is on the electrodes of bioelectronics
devices, providing electrical recording and stimulation of the underlying tissue (Fig. 11-1f).
Furthermore, the e-bioadhesive interface can be benignly removed from the target tissue by
applying a triggering solution, allowing on-demand and atraumatic retrieval of implanted
bioelectronic devices.

11.2. Wet tissue integration of bioelectronic devices by physical attachment
Existing bioelectronic devices commonly rely on physical attachment (for example, capillarity
adhesion) for integration with wet tissue surfaces. In the following paragraphs, we adopt a
theoretical model to quantitatively evaluate the interfacial toughness of bioelectronic devices
physically attached on wet tissue surfaces (360).

Figure 11-2 | Schematic illustration of physical attachment of a device on a wet tissue surface by
capillarity adhesion.

As illustrated in Fig. 11-2, the physical attachment of bioelectronic devices on wet tissue
surfaces are sustained by a thin layer of interfacial water and its capillary interaction between the
tissue surface and the device surface (360). When the device is detached or peeled off from the
tissue surface, the interfacial water between the device and the tissue forms a meniscus due to
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surface tension of water. Following the previous reported analysis for the adhesion energy of
physically-attached devices on wet surface (360), we assume that the curled device material has a
radius of R, a width of W, and the angle of α between the tissue surface and the outer tangent line
of the device surface at the meniscus edge (with meniscus radius of r) (Fig. 11-2).
According to the Laplace formula, the difference between pressures in liquid and air
(atmospheric pressure) is expressed as:
1 1
𝛾c
∆𝑃 = 𝛾c ^ − _ ≈ , when 𝜌 ≪ 𝑅
𝜌 𝑅
𝜌

(11.1)

where 𝛾c is the surface tension coefficient at the water and air interface, which is 72.9 mN m-1 at
room temperature. This pressure difference applies to three surfaces: (i) the meniscus edge facing
the atmosphere (such as water-air interface), (ii) the tissue-side surface in the meniscus s1, and (iii)
the device-side surface in the meniscus s2. Due to the balance of the vertical forces, the peel-off
force F equals to the Laplace force on the surface s1 with the length of:
𝛼
𝛼
𝑠& = ¡2sin 𝑅¤ cos + 𝑙
2
2

(11.2)

Assuming a as a small value, Eq. 11.2 can be simplified as:
𝑠& = 𝛼𝑅 + 𝑙

where 𝑙 = §¡2𝜌 cos ¡
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¤. Hence, the meniscus radius

r can be expressed as:

𝜌=

𝛼
2𝛼𝑅 sin% 2

cos 𝜃& + cos(𝜃% + 𝛼)

Therefore, s1 can be expressed as:
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𝛼%𝑅
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2

(11.5)

As s1 locates proximity of s2, the value of vertical force on s1 is similar to the force on s2,
the interfacial toughness (or adhesion energy) of physical attachment by capillarity adhesion
between the tissue surface and the device surface can be expressed as:

𝛤=

𝐹
𝛾c
2𝛾c (cos 𝜃& + cos 𝜃% )
= ∆𝑃 ∙ 𝑠% = ∆𝑃 ∙ 𝛼𝑅 ≈ 𝛼𝑅 =
𝑊
𝜌
𝛼

(11.6)

For typical device materials such as gold, polycarbonate (PC), polydimethylsiloxane
(PDMS), polyimide (PI), and silicone, the water contact angles are θgold = 65°, θPC = 84.4°, θPDMS
= 104.7°, θPI = 73°, and θsilicon = 77.3°. Wet tissues such as internal organs have high hydrophilicity
and we assume their water contact angle close to 0 (such as θtissue ~ 0°) to evaluate the maximum
possible interfacial toughness by physical attachment via capillarity adhesion.
For angle α in the range of 5°−30° to account realistic device perturbation on dynamic
tissue surfaces, the calculated interfacial toughness of physical attachment via adhesion capillarity
between gold, PI, PDMS, silicon, PC and wet tissues are 0.40−2.38, 0.36−2.16, 0.21−1.25,
0.34−2.04, and 0.30−1.83 J m-2, respectively.

11.3. Design and mechanism of the e-bioadhesive interface
To implement the proposed design of the e-bioadhesive interface, we develop a graphene
nanocomposite assembled on bioelectronic devices. We first introduce graphene oxide (GO) into
a poly(vinyl alcohol) (PVA) hydrogel to prepare a graphene nanocomposite hydrogel with
anisotropic swelling property (primarily swelling orthogonal to the adhesion interface)(361). The
GO-PVA hydrogel is further interpenetrated with a crosslinked network of poly(acrylic acid)
grafted with N-hydroxysuccinimide ester (PAA-NHS ester) to provide bioadhesive capability(359)
(Fig. 11-1d). The e-bioadhesive interface is then prepared by drying the resultant GO-PVA-PAANHS ester hydrogel on desired locations of the bioelectronic devices that need to adhere to tissues.
Notably, the surface of the bioelectronic devices is functionalized with primary amine groups to
facilitate covalent crosslinking with the e-bioadhesive interface (Fig. 11-1e). If the e-bioadhesive
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interface is placed on the electrode of the devices, the GO-PVA hydrogel can further be reduced
to rGO-PVA hydrogel prior to the introduction of the bioadhesive PAA-NHS ester network to
provide electrical conductivity without compromising the mechanical properties, owing to
minimal disruiption of dense hydrogen bond-based physical crosslinks in the PVA network and
between PVA and GO by the reduction treatment condition adopted in this work(361, 362) (Fig.
11-1f).

Figure 11-3 | Mechanical properties of the e-bioadhesive interface. a, Schematic illustration for the
anisotropic swelling (left panel) and swelling ratio in the length, width, and thickness directions of the ebioadhesive interface with and without rGO (right panel). w/, with; w/o, without. b, Nominal stress vs.
stretch curve of the e-bioadhesive interface fully swollen in PBS. c, Interfacial toughness and shear strength
between various tissues and polyimide substrates adhered by the e-bioadhesive interface. d, Interfacial
toughness and shear strength between porcine skin and various device materials adhered by the ebioadhesive interface. Values in a,c,d represent the mean and the standard deviation (n = 3 independent
samples in a, n = 5 independent samples in c,d). Statistical significance and p-values are determined by
one-way ANOVA and Tukey’s multiple comparison test; ns, not significant; **** p ≤ 0.0001.

Once contact wet tissue surfaces, the carboxylic acid groups in the e-bioadhesive interface
facilitate rapid absorption and removal of the interfacial water and form physical crosslinks such
as hydrogen bonds and electrostatic interactions to the tissue surface under gentle pressure around

182

1 kPa within five seconds (151, 359) (Fig. 11-1d). The NHS ester groups in the e-bioadhesive
interface can further form covalent crosslinks with primary amine groups on the tissue surface
offering long-term stable integration of bioelectronic devices in wet and dynamic physiological
environments. Notably, the adhesion formed by the e-bioadhesive interface can be promptly
reversed within 5 min by applying a biocompatible aqueous triggering solution (0.5 M sodium
bicarbonate and 50 mM L-glutathione reduced in phosphate buffered saline (PBS)) (160, 193, 363),
allowing on-demand and atraumatic removal of the adhered bioelectronic device from the tissue.

Figure 11-4 | Constrained drying process of the e-bioadhesive interface. a, Schematic illustrations for
substrate-constrained drying process of the e-bioadhesive interface. b, Shrinkage ratio in the length, width
and thickness directions of the as-prepared wet e-bioadhesive interface after drying. c,d, Images of the ebioadhesive interface before (c) and after (d) drying on a glass substrate. Values in b represent the mean
and the standard deviation (n = 3 independent samples).

During the adhesion formation, the dry e-bioadhesive interface absorbs water from the wet
tissue and surrounding physiological environments and anisotropically swells orthogonal to the
adhesion interface (3.6 times increase in the thickness) whilst the length and width increase to less
than 1.1 times of the initial dimensions (Fig. 11-3a). The e-bioadhesive interface exhibits no
further dimensional change after fully swelling into the equilibrium state. The anisotropic swelling
of the e-bioadhesive interface originates from the substrate-constrained drying process during its
preparation (Fig. 11-4), in which the formation of rGO-PVA microstructures constrains the
swelling of the e-bioadhesive along in-plane directions (Fig. 11-3a) (364). In comparison,
substrate-constrained drying of e-bioadhesive interface without rGO leads to approximately
isotropic swelling, indicating that rGO is critical for the anisotropic swelling of the e-bioadhesive
interface (Fig. 11-3a). The anisotropic swelling property of the e-bioadhesive interface can
minimize the potential geometric mismatch and subsequent distortion or delamination of the ebioadhesive interface from bioelectronic devices in the wet physiological environments. After
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forming adhesion on wet tissues, the swollen e-bioadhesive interface becomes a thin layer of
hydrogel with tissue-like high water contents (~ 85 % by volume), softness (Young’s modulus of
293 kPa), stretchability (stretchability over 2), and high toughness (fracture toughness of 1,126 J
m-2) (Fig. 11-3a,b). In addition, the thin thickness and the small thickness change of the ebioadhesive interface compared to typical dimension of tissues, together with the tissue-like
mechanical properties, can also minimize the potential compressive narrowing of underlying
tissues.

Figure 11-5 | Adhesion performance of device integration to wet tissue by physical attachment. a,
Interfacial toughness between various tissues and polyimide substrates adhered by the e-bioadhesive
interface and physical attachment. b, Shear strength between various tissues and polyimide substrates
adhered by the e-bioadhesive interface and physical attachment. Values in a,b represent the mean and the
standard deviation (n = 3 independent samples). Statistical significance and p-values are determined by
two-sided Student t-test; *** p ≤ 0.001; **** p ≤ 0.0001.

11.4. Adhesion performance
To evaluate the adhesion performance of the e-bioadhesive interface, we conduct standard
mechanical tests to measure the interfacial toughness (180-degree peel test, ASTM F2256) and
shear strength (lap-shear test, ASTM F2255) of various tissues and device materials adhered by
the e-bioadhesive interface. The e-bioadhesive interface with a polyimide backing forms rapid and
robust adhesion to various wet tissues with high interfacial toughness (over 420 J m-2 for heart;
270 J m-2 for skin; 230 J m-2 for muscle; 260 J m-2 for sciatic nerve) and high shear strength (over
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110 kPa for heart; 60 kPa for skin; 50 kPa for muscle; 70 kPa for sciatic nerve) within five seconds
of gentle pressure application (1 kPa) (Figs. 11-3c). In comparison, the interfacial toughness and
shear strength of polyimide physically attached on heart are only 1.55 J m-2 and 0.21 kPa,
respectively, and on skin are only 0.34 J m-2 and 0.19 kPa, respectively (Fig. 11-5). The ebioadhesive interface can also provide rapid and robust adhesion between wet tissues and various
commonly-used device materials with high interfacial toughness (over 250 J m-2 for silicon; 190 J
m-2 for gold; 200 J m-2 for polydimethylsiloxane (PDMS); 90 J m-2 for polycarbonate (PC)) and
high shear strength (over 60 kPa for silicon; 50 kPa for gold; 40 kPa for PC; 60 kPa for PDMS)
(Figs. 11-3d).

11.5. Electrical performance
To provide unimpeded electrical communications between the bioelectronic device and the
underlying tissue, the presence of the e-bioadhesive interface on device electrodes should not
significantly alter the electrical properties of the tissue-electrode interface. The e-bioadhesive
interface can be readily modified to endow electrical conductivity by reducing the GO in the
nanocomposite hydrogel into reduced graphene oxide (rGO) (Fig. 11-6a), without compromising
the favourable mechanical properties including high water contents, tissue-like softness,
anisotropic swelling, and rapid robust adhesion capability.
The e-bioadhesive interface exhibits a stable electrical conductivity of over 2.6 S m-1 over
14 days incubation in PBS at 37 ℃ both with and without endogenous enzymes (for example,
collagenase), which is substantially higher than that of biological tissues (0.3-0.7 S m-1)(365) (Fig.
11-6a). Moreover, the thin thickness (less than 100 µm) and the conformal adhesion of the ebioadhesive interface can further reduce interconnection and contact resistances, respectively. As
a result, the e-bioadhesive interface shows a low impedance (< 50 Ω) at the physiologically
relevant frequency of 102-105 Hz (ref. (335)) (Fig. 11-6b), minimizing the unfavorable increase of
electrical impedance at the device-tissue interface. We further characterize the charge injection
capability (CIC) of the e-bioadhesive interface to evaluate its effect on the electrical stimulation
efficacy of bioelectronic devices (Fig. 11-6c). The e-bioadhesive interface shows a CIC value of
around 25 μC cm−2, comparable to that of metallic electrodes (10-50 μC cm−2)(366), indicating
that the presence of the e-bioadhesive interface does not impair the electrical stimulation efficacy
(Fig. 11-6d). We further evaluate the electrochemical stability of the e-bioadhesive interface by
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cyclic CIC measurements. The e-bioadhesive interface exhibits less than 5 % decrease in the CIC
value after 10,000 charging and discharging cycles (biphasic pulses at 10 ms ± 0.5 V) (Fig. 116d). Moreover, the out-of-plane impedance of the e-bioadhesive interface exhibits a negligible
hysteresis (Fig. 11-6e) and fluctuation (Fig. 11-6f) during cyclic tensile deformations at a
physiologically relevant strain level (such as 30 % tensile engineering strain), further supporting
the stability of the e-bioadhesive interface in dynamic physiological conditions.

Figure 11-6 | Electrical properties of the e-bioadhesive interface. a, Conductivity of the e- bioadhesive
interface in PBS for 14 days at 37 ℃. b, EIS measurements in thickness direction of the e-bioadhesive
interface fully swollen in PBS. c, Charge injection curves of the e-bioadhesive interface with biphasic pulses
at 10 ms ± 0.5 V vs. Ag/AgCl. d, Charge injection curve of the e-bioadhesive interface at the 1, 1,000,
5,000, and 10,000 cycles. e, Impedance in the thickness direction of the e-bioadhesive interface at 1 kHz
during cyclic tensile deformations. f, Impedance in the thickness direction of the e-bioadhesive interface
for 1-10,000 Hz at different stretch cycles (1, 10, 30, 50, 100, 300, 500, and 1,000). g, Schematic illustration
of a circuit with LED adhered on an ex vivo beating porcine heart. h,i, Schematic illustrations and images
of a circuit with LED with (h) and without (i) the e-bioadhesive interface adhered on an ex vivo porcine
heart. Values in a represent the mean and the standard deviation (n = 8 independen samples). Statistical
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significance and p-values are determined by one-way ANOVA and Tukey’s multiple comparison test; ns,
not significant.

To demonstrate the robust mechanical integration and stable electrical communication
between bioelectronic devices and wet dynamic tissues through the e-bioadhesive interface, we
apply a circuit with light-emitting diodes (LED) with and without the e-bioadhesive interface onto
a beating ex vivo porcine heart (by introducing cyclical, pressurized air inputs into the heart
chambers to mimic heartbeats, Fig. 11-6g). The circuit with the e-bioadhesive interface can form
rapid and robust integration as well as stable electrical communication with the porcine heart (Fig.
11-6h). In contrast, the circuit without the e-bioadhesive interface exhibits unstable adhesion with
the beating heart, resulting in blinking of the LED along with the beating of the heart (Fig. 11-6i).

11.6. Biocompatibility
To evaluate biocompatibility of the e-bioadhesive interface, we perform a set of in vitro and in
vivo characterizations based on rat models (Fig. 11-7). A cell culture media (Dulbecco's Modified
Eagle Medium, DMEM) conditioned with the e-bioadhesive interface shows comparable in vitro
cytotoxicity of rat cardiomyocytes to a control (pristine DMEM) after 24-hour culture (Fig. 117a). We further evaluate in vivo biocompatibility of the e-bioadhesive interface based on dorsal
subcutaneous implantation in a rat model for 14 days (Fig. 11-7b,c). Histological assessments by
a blinded pathologist demonstrate that both gold electrodes with and without the e-bioadhesive
interface show comparable tissue responses without severe inflammatory response 14 days after
implantation (p = 0.34, Fig. 11-7d). Furthermore, there is no significant difference (p = 0.77) in
the thickness of inflammation between the gold electrodes with and without the e-bioadhesive
interface (Fig. 11-7e).
To further investigate in vivo biocompatibility of the e-bioadhesive interface, we perform
immunofluorescence staining of various markers for fibroblast (α-SMA, Fig. 11-7f), macrophage
(CD68, Fig. 11-7g), T-cell (CD3, Fig. 11-7h), and collagen (collagen-I, Fig. 11-7i) related to
inflammatory and foreign body responses. From the immunofluorescence analysis, the gold
electrodes with and without the e-bioadhesive interface exhibit no significant difference in the
expression of α-SMA (p = 0.087), CD68 (p = 0.87), CD3 (p = 0.62), and collagen-I (p = 0.82),
indicating that in vivo biocompatibility of the e-bioadhesive interface is comparable to that of
conventional gold electrodes. The immunohistochemistry staining of the same markers further
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confirms that the presence of the e-bioadhesive interface on gold electrodes does not generate
significant difference in terms of the expression of α-SMA, CD68, CD3, and collagen-I.

Figure 11-7 | In vitro and in vivo biocompatibility of the e-bioadhesive interface. a, In vitro cell viability
of rat cardiomyocytes based on Live/Dead assay after 24-h culture in a control media (DMEM) and an ebioadhesive-incubated media. b,c, Representative histology images stained with hematoxylin and eosin
(H&E) for gold (Au) electrodes with (b) and without (c) the e-bioadhesive interface after rat subcutaneous
implantation for 14 days. 5 independent experiments were conducted with similar results. d,e, Degree of
inflammation (d) and inflammation thickness (e) of gold electrodes with and without the e-bioadhesive
interface evaluated by a blinded pathologist (0, normal; 1, very mild; 2, mild; 3, moderate; 4, severe; 5,
very severe). f-i, Representative immunofluorescence images and nomalized fluorescence intensity of gold
electrodes with and without the e-bioadhesive interface after rat subcutaneous implantation for 14 days.
Cell nuclei are stained with propidium iodide (PI, Red). Green fluorescence corresponds to the expression
on fibroblast (α-SMA, f), macrophages (CD68, g), T-cell (CD3, h) and collagen (collagen-I, i), respectively.
Values in a,d-i represent the mean and the standard deviation (n = 3 independent samples in a,f-i, and n =
5 independent samples in d,e). Statistical significance and p-values are determined by two-sided Student ttest; ns, not significant.

We further quantitatively evaluate in vivo stability of the mechanical and electrical
properties of the e-bioadhesive interface by measuring the conductivity, impedance, and interfacial
toughness of two gold electrodes adhered by the e-bioadhesive interface 14 days after implantation
in rat dorsal subcutaneous pockets (Fig. 11-8). We find that the conductivity (Fig. 11-8a),
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impedance (Fig. 11-8b), and interfacial toughness (Fig. 11-8c) of the in vivo implanted samples
for 14 days do not show statistically significant difference (p > 0.05) compared to the samples
incubated in PBS for 1 day and 14 days, demonstrating the in vivo stability of the e-bioadhesive
interface.

Figure 11-8 | In vivo performance stability. Conductivity, impedance, and interfacial toughness of two
gold electrodes adhered by the e-bioadhesive interface after 1 day and 14 days of incubation in PBS, and
14 days of in vivo implantation in rat dorsal subcutaneous pockets. Values represent the mean and the
standard deviation (n = 3 independent samples). Statistical significance and p-values are determined by
two-sided Student t-test; ns, not significant.

11.7. Bioelectronic functionalities
To evaluate in vivo bioelectronic functionality of the e-bioadhesive interface, we demonstrate in
situ recording of epicardial electrocardiogram (ECG, Fig. 11-9a-c) and electrical stimulation of a
sciatic nerve (Fig. 11-9d-h) by gold electrodes with the e-bioadhesive interface based on a rat
model. For recording of the epicardial ECG, anodic and cathodic bioadhesive electrodes (such as
gold electrode with the e-bioadhesive interface) are applied to the right atrium and the apex of the
rat heart, respectively (Fig. 11-9a). Simultaneously, we also record a surface ECG by using
conventional needle electrodes to evaluate the quality of the epicardial ECG and to monitor
possible arrhythmia generated by the bioadhesive electrodes. Enabled by the rapid and robust
adhesion of the e-bioadhesive interface, the electrodes can firmly adhere to the surface of a beating
rat heart within a few seconds upon contact and gentle pressing. The robust integration can be
further validated by gently pulling the adhered electrode and subsequently lifting the whole heart
by the pulled electrode (Fig. 11-9b).
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Figure 11-9 | In vivo recording and stimulation via the e-bioadhesive interface. a, Schematic
illustrations of an in vivo surface and epicardial ECG recording setup and a study design. b, Representative
images of in vivo epicardial ECG recording on a rat heart at 0 day and 14 days after in vivo implantation
and on-demand detachment of the bioadhesive electrode at 14 days after implantation. c, Representative
surface ECG signals recorded by conventional needle electrodes and the epicardial ECG signals recorded
by the bioadhesive electrode at 0 day and 14 days of in vivo implantation. d, Schematic illustrations and an
image of the sciatic nerve stimulation setup. e, Physical attachment of a stimulation electrode on a sciatic
nerve without the e-bioadhesive interface. f, Robust integration of a stimulation electrode on a sciatic nerve
with the e-bioadhesive interface. g, Images of the ankle joint movement in response to electrical
stimulations via the e-bioadhesive interface. h, Movement angle of the ankle joint in response to electrical
stimulations via the e-bioadhesive interface. Values in g represent the mean and the standard deviation (n
= 10 independent measurements from different animals).
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The e-bioadhesive interface allows stable recording of the epicardial ECG without an
observable baseline shift or high-amplitude noise from the beating rat heart once the bioadhesive
electrodes are adhered to the epicardial tissues (Fig. 11-9b,c). Notably, the surface ECG does not
show observable sign of arrhythmia caused by the bioadhesive electrodes, demonstrating the
compatibility of the e-bioadhesive interface with electrically-active tissues and organs such as the
heart. After 14 days of in vivo implantation, the bioadhesive electrodes maintain robust integration
with the rat heart and allow recording of epicardial ECG signals with waveforms and signal-tonoise ratio comparable to the epicardial ECG signals recorded right after the implantation of the
bioadhesive electrodes at day 0 (Fig. 11-9b,c), validating the in vivo stability and efficacy of the
e-bioadhesive interface. Taking advantage of the triggerable detachment capability of the ebioadhesive interface (160), we further demonstrate on-demand atraumatic removal of the adhered
bioadhesive electrodes after 14 days of in vivo implantation (Fig. 11-9b).
For in vivo electrical stimulation of the sciatic nerve, we use flexible electrodes (50-μmthick gold-coated polyimide) with the e-bioadhesive interface (Fig. 11-9d). Notably, the electrode
without the e-bioadhesive interface easily detaches from the sciatic nerve under a gentle pulling
(Fig. 11-9e). In contrast, the electrodes with the e-bioadhesive interface can form robust
integration with the sciatic nerve, maintaining the conformal and robust integration under a gentle
pulling and subsequent bending of the nerve tract (Fig. 11-9f). Under electrical stimulations (0.751.2 V at 1 Hz, biphasic charge balanced rectangular voltage pulses) (346, 367, 368), periodical and
stable ankle joint movements (over 25º) are observed (Fig. 11-9g,h), demonstrating the stable
electrical stimulation of the sciatic nerve via the e-bioadhesive interface.

11.8. Conclusion
In this Chapter, we introduce and demonstrate an e-bioadhesive interface to achieve rapid, robust,
atraumatic, and electrically functional integration of bioelectronic devices to diverse wet dynamic
tissues. Together with the broad applicability of the e-bioadhesive interface to a wide range of
materials and surface topologies, the systematically validated in vivo performance of the ebioadhesive interface can facilitate ready adoption and conversion of existing bioelectronic devices
for various applications. The e-bioadhesive interface not only offers a promising solution to
addressing the long-standing challenges in tissue-device integration but also provides valuable
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insights for future development of bio-integrative electronics with improved functionalities and
efficacy in wet physiological environments.

11.9. Materials and Methods
11.9.1. Preparation of the e-bioadhesive interface
PVA solution (20 w/w %, 99+% hydrolyzed Mw 89,000-98,000) and GO solution (Graphene
Supermarket) were mixed in a volume ratio of 1:1 and stirred for 48 h to get a homogeneous GOPVA solution. The GO-PVA solution was poured into a glass mold, followed by freezing at −20 ℃
for 8 h and thawing at 25 ℃ for 3 h to form a GO-PVA hydrogel. The GO-PVA hydrogel was
further dried in the incubator at 37 ℃ for 1 h and annealed at 100 ℃ for 1 h to obtain the dry GOPVA film (23.7 w/w % GO), which were used for preparation of the non-electrically conductive
e-bioadhesive interface. For preparation of the electrically conductive e-bioadhesive interface, the
dry-annealed GO-PVA film was further reduced into rGO-PVA by immersing in Na2S2O4 (0.15
mol L-1) and NaOH (0.5 mol L-1) solution at 65 ℃ for 1 h, followed by rinsing and immersing in
deionized water for 4 h for 3 times to thoroughly remove the residual Na2S2O4 and NaOH. Unless
otherwise indicated, electrically conductive version of the e-bioadhesive interface (based on rGOPVA) was used.
To introduce bioadhesive PAA-NHS ester network, the GO-PVA or rGO-PVA film was
immersed in an aqueous acrylic acid solution (30 w/w % acrylic acid, 0.03 w/w% N,N′Bis(acryloyl)cystamine, and 0.15 w/w% 2,2’-Azobis(2-methylpropionamidine) dihydrochloride in
deionized water) for 2 h. The soaked hydrogel was sealed and heated at 70 ℃ for 30 min to form
the PAA network followed by drying on a glass substrate (to ensure constrained drying) under
nitrogen flow. To introduce NHS ester groups to the PAA network, the dry film was immersed in
an aqueous solution of 1-ethyl-3-(-3-dimethylaminopropyl) carbodiimide (EDC, 0.5 w/w%) and
N-Hydroxysulfosuccinimide sodium salt (Sulfo-NHS, 0.25 w/w%) for 5 min in room temperature,
providing the as-prepared rGO-PVA-PAA-NHS hydrogel. The as-prepared rGO-PVA-PAA-NHS
hydrogel was further dried on a glass substrate or a device under nitrogen flow to prepare the dry
e-bioadhesive interface. The dry samples were sealed in a plastic bag with dessicant and stored at
−20 ℃ before use.
To prepare the e-bioadhesive interface without GO, the PVA hydrogel without GO was
used following the abovementioned process.
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11.9.2. Electrical characterizations
To measure electrical impedance, the e-bioadhesive interface was sandwiched between two goldcoated glass electrodes with an overlapped area (10 × 20 mm2) and equilibrated in PBS before
tests. The gold-coated glass sheets were connected to an impedance analyzer (Solartron, 1287A)
to measure the out-of-plane impedance. To measure electrical stability, 0.01 w/v % sodium azide
was added into PBS to prevent the growth of microorganism during the test. To measure electrical
properties during deformation, a gold-coated polyester film (McMaster Carr) was cut into a
serpentine pattern and adhered to PDMS substrate to minimize the fluctuations in interconnect
impedance to the measurement device.
To measure electrical conductivity, the e-bioadhesive interface was equilibrated in PBS
before tests. Based on a modified four-point probes method (37), AC voltage (±1 V, 1,000 Hz)
was applied by a power supply (GW Instek), and current (I) and voltage (V) were recorded by a
digital multimeter (Keysight 4450A). The length (L), width (W), and thickness (T) of the sample
were measured by a Vernier caliper or a microscope (LV10, Nikon). The electrical conductivity
(σ) was calculated according to the following equation:

σ=

𝐿×𝐼
𝑊×𝑇×𝑉

(11.7)

To measure charge injection capacity, a working electrode (the e-bioadhesive interface on
platinum with area of 1 × 1 cm2), a counter electrode (platinum wire with 0.5-mm diameter), and
a reference electrode (Ag/AgCl in saturated KCl aqueous solution, CHI Instruments) were
immersed in PBS. Biphasic pulses at 10 ms ± 0.5 V were applied by using a multi-channel
potentiostat (VMP3, Bio-Logic Science Instruments). The output voltage and current were
collected to analyze the charge injection capacity.
11.9.3. Mechanical characterizations
All samples were adhered by the e-bioadhesive interface by 5 s pressing (with 1 kPa pressure
applied by either mechanical testing machine or equivalent weight). The surface of various device
materials was functionalized with primary amines prior to introduction of the e-bioadhesive to
ensure covalent coupling with the e-bioadhesive interface. All mechanical tests were performed
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24 h after initial pressing to provide sufficient time for equilibrium swelling of the e-bioadhesive
interface in wet environments.
To measure interfacial toughness, the adhered samples with 2.5 cm in width were prepared
and tested by the standard 180-degree peel test (ASTM F2256) or 90-degree peel test (ASTM
D2861) (for inflexible substrates such as silicon) with a mechanical testing machine (2.5 kN loadcell, Zwick/Roell Z2.5). All tests were conducted with a constant peeling speed of 50 mm min-1.
Interfacial toughness was calculated by dividing two times of the plateau force (for 180-degree
peel test, ASTM F2256) or the plateau force (for 90-degree peel test, ASTM D2861) with the width
of the tissue sample following the corresponding ASTM standard. Poly(methyl methacrylate)
(PMMA) films (50 µm thickness, Goodfellow) were applied by using a cyanoacrylate glue (Krazy
GlueTM) as a stiff backings for the tissues. For on-demand detachment, the adhered tissue samples
were sprayed with an aqueous triggering solution (0.5 M sodium bicarbonate and 50 mM Lglutathione reduced in PBS) and kept in a sealed plastic bag for 5 min before interfacial toughness
measurements.
To measure shear strength, the adhered samples with an adhesion area of 2.5 cm in width
and 1 cm in length were prepared and tested by the standard lap-shear test (ASTM F2255) with a
mechanical testing machine (2.5-kN load-cell, Zwick/Roell Z2.5). All tests were conducted with
a constant tensile speed of 50 mm min-1. Shear strength was calculated by dividing the maximum
force by the adhesion area following the corresponding ASTM standard. PMMA films (50 µm
thickness, Goodfellow) were applied by using the cyanoacrylate glue as a stiff backings for the
tissues.
11.9.4. In vivo ECG recording
To prepare bioadhesive electrodes, gold foils (20-µm-thick, Goodfellow) were first functionalized
with primary amine groups and assembled with the e-bioadhesive interface. The bioadhesive
elecrodes were then cut into a rectangular strip (1.3mm × 2 mm) and a 1-mm diameter sterile
biopsy punch (Dynarex) was used to cut a circular hole at the end of the electrode for connection
of a lead wire. Two bioadhesive electrodes were assembled with a non-conductive e-bioadhesive
interface (based on PVA/GO, 2.5 mm × 12 mm). All samples were prepared in an aseptic manner
and were further disinfected under UV light for 3 h.
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For implantation of the bioadhesive elecrodes, animals were anesthetized using isoflurane
(1–3% isoflurane in oxygen) in an anesthetizing chamber. Chest hair was removed. Endotracheal
intubation was performed, and the animals were connected to a mechanical ventilator (Model 683,
Harvard Apparatus) and placed supine over a heating pad for the duration of the surgery. The heart
was exposed via a thoratomy in the third or fourth left intercostal space and the pericardium was
removed using fine forceps. To record surface ECG, conventional needle electrodes were used.
Anodic and cathodic needle electrodes were inserted into the skin of the right foreleg and the left
hindleg of a rat, respectively. To record epicardial ECG, a first bioadhesive electrode (cathode)
was placed close to the apex of the heart and a second bioadhesive electrode (anode) was placed
close to the right atrium (n = 4). A needle electrode was inserted to the skin of the left foreleg as a
shared ground for both surface and epicardial ECG recordings. ECG signals were collected by a
Powerlab and a Bio Amplifier (AD Instrument, LabChart Pro 7). Following the ECG recording,
the lead wires were removed and the incisions were closed using interrupted sutures (4-0 Vicryl,
Ethicon) and 3-6 ml of saline was administered subcutaneously. The animal was ventilated with
100 % oxygen until autonomous breathing was regained, and the intubation catheter was removed.
At 14 days after the implantation, the animal was anesthetized and connected to the
ventilator following the aforementioned procedure. The heart was exposed via a sternotomy and
lead wires are connected to the bioadhesive electrodes to record epicardial ECG signals following
the aforementioned procedure. Following the ECG recording, a sterile surgical gauze was placed
on the surface of bioadhesive electrodes and the triggering solution was applied to the gauze to
trigger detachment of the electrodes. 5 min after the triggering solution application, the
bioadhesive electrodes were gentled removed from the heart by using forceps. The animals were
then euthanized by CO2 inhalation and the epicardial regions of interest were excised and fixed in
10 % formalin for 24 h for histological analyses.
11.9.5. In vivo sciatic nerve stimulation
To prepare bioadhesive electrodes for stimulation, the gold-coated polyimide films (50-µm-thick)
was used following the same abovementioned procedure. The bioadhesive electrodes were cut into
1.5 mm in width and connected with a copper wire by using a silver paste. All samples were
prepared in an aseptic manner and were further disinfected under UV light for 3 h. For sciatic
nerve stimulation, animals were anesthetized using isoflurane (1–3% isoflurane in oxygen) in an

195

anesthetizing chamber. After shaving, the vastus lateralis muscle and biceps femoris muscle were
dissected to expose the sciatic nerve. The bioadhesive electrodes were adhered on the exposed
sciatic nerve. Biphasic charge balanced rectangular voltage pulses (1 Hz, 0.75-1.2 V) were applied
through a function generator (PCSGU250, Velleman). A protractor marker was placed under the
leg to measure the change in the angle of the ankle joint.
11.9.6. Immunohistochemistry and immunofluorescence analysis
Gold electrodes with and without the e-bioadhesive interface (n = 3 per group) were implanted
into dorsal subcutaneous space of rat as described in the in vivo biocompatibility evaluation. The
expression of targeted proteins (α-SMA, CD68, CD3, collagen-I) were analyzed after the
immunofluorescence and immunohistochemistry staining at 14 days after the implantation. Before
the immunohistochemistry and immunofluorescence analysis, the parrafin-imbedded fixed tissues
were sliced and prepared into slides.
For immunohistochemistry analysis, the slides were deparaffinized and rehydrated to
deionized water. Antigen retrieval was performed using steam method during which the slides
were steamed in IHC-Tek Epitope Retrieval Solution (IW-1100) for 35 min and then cooled for
20 min. Then the slides were washed in three changes of PBS for 5 min per each cycle and blocked
with 3 % H2O2. After washing in three changes of PBS, the slides were incubated in primary
antibodies (1:200 mouse anti-α-SMA for fibroblast (ab7817, Abcam); 1:200 mouse anti-CD68 for
macrophages (ab201340, Abcam); 1:100 rabbit anti-CD3 for T-cells (ab5690, Abcam); 1:200
rabbit anti-collagen-I for collagen (ab21286, Abcam)) diluted with IHC-Tek Antibody Diluent for
1 h at room temperature. The slides were then washed three times in PBS and incubated with
biotinylated goat anti-rabbit or horse anti-mouse secondary antibody (1:500, Vector Lab) for 30
min. The slides were washed in PBS and then incubated with HRP-Streptavidin (1:500, Jackson
Immunoresearch) for 30 min. The slides were incubated with DAB Chromogen Substrate Solution
(0.05% DAB, IW-1600, IHC World) for 5-10 min and then wash with PBS and counterstained
with Mayer's hematoxylin.
For immunofluorescence analysis, the slides were deparaffinized and rehydrated to
deionized water. Antigen retrieval was performed using steam method during which the slides
were steamed in IHC-Tek Epitope Retrieval Solution (IW-1100) for 35 min and then cooled for
20 min. Then the slides were washed in three changes of PBS for 5 min per each cycle. After

196

washing, the slides were incubated in primary antibodies (1:200 mouse anti-α-SMA for fibroblast
(ab7817, Abcam); 1:200 mouse anti-CD68 for macrophages (ab201340, Abcam); 1:100 rabbit
anti-CD3 for T-cells (ab5690, Abcam); 1:200 rabbit anti-collagen-I for collagen (ab21286,
Abcam)) diluted with IHC-Tek Antibody Diluent for 1 h at room temperature. The slides were
then washed three times in PBS and incubated with Alexa Fluor 488 labeled anti-rabbit or antimouse secondary antibody (1:200, Jackson Immunoresearch) for 30 min. The slides were washed
in PBS and then counterstained with propidium iodide solution for 20 min. A laser confocal
microscope (SP 8, Leica) was used for image acquisition. ImageJ was used to quantify the
fluorescence intensity of expressed antibodies. All the images were transformed to the 8-bit binary
images, and the fluorescence intensity was calculated with normalized analysis. All analyses were
blinded with respect to the experimental conditions.
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Chapter 12
Concluding remarks
In Part I of this dissertation, we discuss a set of fundamental concepts, design principles, mechanics,
and materialistic implementations of wet adhesion. The multidisciplinary discussion for
development and analysis of several key advances in wet adhesion across mechanics, materials
science, and engineering is a unique feature of this dissertation and would provide an insightful
addition to the field. Uniquely enabled by the breakthroughs in wet adhesion discussed in Part I,
Part II of this dissertation introduces a broad range of bioadhesive technologies along with several
important innovations in hydrogel bioelectronics. This dissertation gives particular focus to the
balanced consideration between technological development and translational aspects of
technology, which is often largely missing in the academic literature. To ensure the demand-driven
technological development as well as relevant translational perspectives, we have closely
collaborated with leading experts in diverse fields such as biomedical device developers, surgeons,
neuroscientists, and neuroengineers. In the last chapter of this dissertation (Chapter 11), we
demonstrate how the fundamental advances in wet adhesion and innovations in bioadhesive and
bioelectronic technologies can be synergistically utilized to enable an unprecedented capability of
robust and electrically functional interfacing between the biological tissues and bioelectronic
devices.
Discoveries and advances made in this dissertation have profoundly contributed to the
fields of soft materials, mechanics, and bioelectronics. The proposal of tough bonding of hydrogel
(Yuk et al., Nature Materials 15, 190-196, 2016; Chapter 2) was the first report of wet adhesion
that can achieve extremely tough interfacial adhesion (interfacial toughness over 1,000 J m-2)
comparable or exceeding robust adhesion found in the tendon-bone interface. Since then,
mechanically robust wet adhesion of diverse materials such as hydrogels has become one of the
most thriving fields within the soft materials community. The concept of robust wet adhesion has
further been expanded to wet adhesion to or of biological tissues, ushering the development of
innovative bioadhesive technologies as discussed in this dissertation. Aided by these
breakthroughs, translational medicine based on diverse bioadhesive technologies becomes one of
the most active research areas in biomedical engineering whose success can benefit millions of
people suffering from diverse diseases and injuries. As aptly discussed in Chapters 8-11 and the
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recent review on hydrogel bioelectronics (Yuk et al., Chemical Society Reviews 48, 1642-1667,
2019), the advances in wet adhesion and bioadhesive technology have significantly contributed to
the enhanced bioelectronic interfacing between the human body and bioelectronic devices.
Despite the exciting outlook of wet adhesion and bioadhesive technology, there will be
numerous tasks to be done for deeper scientific understanding, technological maturation, and
eventual translation, adoption, and commercialization to our daily lives. Robust adhesion to highly
dynamic and living biological tissues over an extended period would require further investigation
and understanding of the fundamental aspects of wet adhesion as most of the existing studies are
limited to the onset of wet adhesion. The high safety and regulatory requirements in biomedical
and clinical applications would necessitate substantial efforts for the maturation of promising
bioadhesive technologies beyond the initial development and demonstration in laboratory settings.
Furthermore, translation, adoption, and commercialization of bioadhesive technologies would
require close and systematic collaborations between multiple parties including researchers, clinical
experts, industries, and regulatory bodies (for example, US Food and Drug Administration).

199

Bibliography
1.
2.
3.
4.
5.
6.
7.
8.
9.
10.
11.
12.
13.
14.
15.
16.
17.
18.
19.
20.
21.
22.

J. Kim et al., Wearable smart sensor systems integrated on soft contact lenses for wireless
ocular diagnostics. Nature Communications 8, (2017).
D. Barrettino, Look into my eyes. IEEE Spectrum 54, 38-43 (2017).
B. C.-K. Tee et al., A skin-inspired organic digital mechanoreceptor. Science 350, 313-316
(2015).
A. Chortos, J. Liu, Z. Bao, Pursuing prosthetic electronic skin. Nature materials, (2016).
W. Gao et al., Fully integrated wearable sensor arrays for multiplexed in situ perspiration
analysis. Nature 529, 509-514 (2016).
M. Ortiz-Catalan, B. Håkansson, R. Brånemark, An osseointegrated human-machine
gateway for long-term sensory feedback and motor control of artificial limbs. Science
translational medicine 6, 257re256-257re256 (2014).
D. Farina et al., Man/machine interface based on the discharge timings of spinal motor
neurons after targeted muscle reinnervation. Nature biomedical engineering 1, 0025 (2017).
W. M. Grill, S. E. Norman, R. V. Bellamkonda, Implanted neural interfaces: biochallenges
and engineered solutions. Annual review of biomedical engineering 11, 1-24 (2009).
S. I. Park et al., Soft, stretchable, fully implantable miniaturized optoelectronic systems for
wireless optogenetics. Nature biotechnology 33, 1280 (2015).
S. P. Lacour, G. Courtine, J. Guck, Materials and technologies for soft implantable
neuroprostheses. Nature Reviews Materials 1, 16063 (2016).
C. J. Bettinger, Materials advances for next-generation ingestible electronic medical
devices. Trends in biotechnology 33, 575-585 (2015).
A. Tricoli, N. Nasiri, S. De, Wearable and Miniaturized Sensor Technologies for
Personalized and Preventive Medicine. Advanced Functional Materials 27, (2017).
J. A. Rowley, G. Madlambayan, D. J. Mooney, Alginate hydrogels as synthetic
extracellular matrix materials. Biomaterials 20, 45-53 (1999).
K. Y. Lee, D. J. Mooney, Hydrogels for tissue engineering. Chemical reviews 101, 18691880 (2001).
N. A. Peppas, J. Z. Hilt, A. Khademhosseini, R. Langer, Hydrogels in biology and medicine:
from molecular principles to bionanotechnology. Advanced Materials 18, 1345-1360
(2006).
B. V. Slaughter, S. S. Khurshid, O. Z. Fisher, A. Khademhosseini, N. A. Peppas, Hydrogels
in regenerative medicine. Advanced materials 21, 3307-3329 (2009).
D. Seliktar, Designing cell-compatible hydrogels for biomedical applications. Science 336,
1124-1128 (2012).
Y. Osada, J.-P. Gong, Soft and wet materials: polymer gels. Advanced Materials 10, 827837 (1998).
Y. S. Zhang, A. Khademhosseini, Advances in engineering hydrogels. Science 356,
eaaf3627 (2017).
E. Caló, V. V. Khutoryanskiy, Biomedical applications of hydrogels: A review of patents
and commercial products. European Polymer Journal 65, 252-267 (2015).
J. J. Green, J. H. Elisseeff, Mimicking biological functionality with polymers for
biomedical applications. Nature 540, 386-394 (2016).
D. T. Simon et al., Organic electronics for precise delivery of neurotransmitters to
modulate mammalian sensory function. Nature materials 8, 742 (2009).
200

23.
24.
25.
26.
27.
28.
29.
30.
31.
32.
33.
34.
35.
36.
37.
38.
39.
40.
41.
42.
43.

U. A. Aregueta-Robles, A. J. Woolley, L. A. Poole-Warren, N. H. Lovell, R. A. Green,
Organic electrode coatings for next-generation neural interfaces. Frontiers in
neuroengineering 7, (2014).
H. Yuk, T. Zhang, G. A. Parada, X. Liu, X. Zhao, Skin-inspired hydrogel-elastomer
hybrids with robust interfaces and functional microstructures. Nature communications 7,
(2016).
D. Wirthl et al., Instant tough bonding of hydrogels for soft machines and electronics.
Science Advances 3, e1700053 (2017).
S. Rose et al., Nanoparticle solutions as adhesives for gels and biological tissues. Nature
505, 382 (2014).
J. Li et al., Tough adhesives for diverse wet surfaces. Science 357, 378-381 (2017).
T. Kurokawa, H. Furukawa, W. Wang, Y. Tanaka, J. P. Gong, Formation of a strong
hydrogel–porous solid interface via the double-network principle. Acta biomaterialia 6,
1353-1359 (2010).
A. Ahagon, A. Gent, Effect of interfacial bonding on the strength of adhesion. Journal of
Polymer Science: Polymer Physics Edition 13, 1285-1300 (1975).
A. Gent, Adhesion and strength of viscoelastic solids. Is there a relationship between
adhesion and bulk properties? Langmuir : the ACS journal of surfaces and colloids 12,
4492-4496 (1996).
D. Kaelble, Peel adhesion: influence of surface energies and adhesive rheology. The
Journal of Adhesion 1, 102-123 (1969).
C. Derail, A. Allal, G. Marin, P. Tordjeman, Relationship between viscoelastic and peeling
properties of model adhesives. Part 1. Cohesive fracture. The Journal of Adhesion 61, 123157 (1997).
A. Sidorenko, T. Krupenkin, A. Taylor, P. Fratzl, J. Aizenberg, Reversible switching of
hydrogel-actuated nanostructures into complex micropatterns. Science 315, 487-490
(2007).
I. Banerjee, R. C. Pangule, R. S. Kane, Antifouling coatings: recent developments in the
design of surfaces that prevent fouling by proteins, bacteria, and marine organisms.
Advanced Materials 23, 690-718 (2011).
L. Dong, A. K. Agarwal, D. J. Beebe, H. Jiang, Adaptive liquid microlenses activated by
stimuli-responsive hydrogels. Nature 442, 551-554 (2006).
D. J. Beebe et al., Functional hydrogel structures for autonomous flow control inside
microfluidic channels. Nature 404, 588-590 (2000).
C. Keplinger et al., Stretchable, transparent, ionic conductors. Science 341, 984-987 (2013).
C. Yu et al., Electronically Programmable, Reversible Shape Change in Two‐and Three‐
Dimensional Hydrogel Structures. Advanced Materials 25, 1541-1546 (2013).
J. P. Gong, Y. Katsuyama, T. Kurokawa, Y. Osada, Double-network hydrogels with
extremely high mechanical strength. Advanced Materials 15, 1155-+ (2003).
Q. Wang et al., High-water-content mouldable hydrogels by mixing clay and a dendritic
molecular binder. Nature 463, 339-343 (2010).
K. J. Henderson, T. C. Zhou, K. J. Otim, K. R. Shull, Ionically cross-linked triblock
copolymer hydrogels with high strength. Macromolecules 43, 6193-6201 (2010).
J.-Y. Sun et al., Highly stretchable and tough hydrogels. Nature 489, 133-136 (2012).
T. L. Sun et al., Physical hydrogels composed of polyampholytes demonstrate high
toughness and viscoelasticity. Nat Mater 12, 932 (2013).

201

44.
45.
46.
47.
48.
49.
50.
51.
52.
53.
54.
55.
56.
57.
58.
59.
60.
61.
62.
63.
64.

H. Kamata, Y. Akagi, Y. Kayasuga-Kariya, U.-i. Chung, T. Sakai, “Nonswellable”
Hydrogel Without Mechanical Hysteresis. Science 343, 873-875 (2014).
M. Liu et al., An anisotropic hydrogel with electrostatic repulsion between cofacially
aligned nanosheets. Nature 517, 68-72 (2015).
G. Sudre, L. Olanier, Y. Tran, D. Hourdet, C. Creton, Reversible adhesion between a
hydrogel and a polymer brush. Soft Matter 8, 8184-8193 (2012).
J. P. Gong, Why are double network hydrogels so tough? Soft Matter 6, 2583-2590 (2010).
X. Zhao, Multi-scale multi-mechanism design of tough hydrogels: building dissipation into
stretchy networks. Soft Matter 10, 672-687 (2014).
G. J. Lake, A. G. Thomas, STRENGTH OF HIGHLY ELASTIC MATERIALS.
Proceedings of the Royal Society of London Series a-Mathematical and Physical Sciences
300, 108-& (1967).
R. E. Webber, C. Creton, H. R. Brown, J. P. Gong, Large strain hysteresis and mullins
effect of tough double-network hydrogels. Macromolecules 40, 2919-2927 (2007).
H. Tegelström, P. I. Wyöni, Silanization of supporting glass plates avoiding fixation of
polyacrylamide gels to glass cover plates. Electrophoresis 7, 99-99 (1986).
K. Kendall, Thin-film peeling-the elastic term. Journal of Physics D: Applied Physics 8,
1449 (1975).
A. Ghatak, M. K. Chaudhury, V. Shenoy, A. Sharma, Meniscus instability in a thin elastic
film. Physical Review Letters 85, 4329 (2000).
J. S. Biggins, B. Saintyves, Z. Wei, E. Bouchaud, L. Mahadevan, Digital instability of a
confined elastic meniscus. Proceedings of the National Academy of Sciences 110, 1254512548 (2013).
R. Ogden, D. Roxburgh, A pseudo–elastic model for the Mullins effect in filled rubber.
Proceedings of the Royal Society of London. Series A: Mathematical, Physical and
Engineering Sciences 455, 2861-2877 (1999).
S. Lin, Y. Zhou, X. Zhao, Designing extremely resilient and tough hydrogels via delayed
dissipation. Extreme Mechanics Letters 1, 70 (2014).
S. Hong et al., 3D Printing of Highly Stretchable and Tough Hydrogels into Complex,
Cellularized Structures. Advanced Materials 27, 4035-4040 (2015).
S. Nemir, H. N. Hayenga, J. L. West, PEGDA hydrogels with patterned elasticity: novel
tools for the study of cell response to substrate rigidity. Biotechnology and bioengineering
105, 636-644 (2010).
V. Dugas, Y. Chevalier, Surface hydroxylation and silane grafting on fumed and thermal
silica. Journal of colloid and interface science 264, 354-361 (2003).
W. Yoshida, R. P. Castro, J.-D. Jou, Y. Cohen, Multilayer alkoxysilane silylation of oxide
surfaces. Langmuir : the ACS journal of surfaces and colloids 17, 5882-5888 (2001).
B. V. Muir, D. Myung, W. Knoll, C. W. Frank, Grafting of cross-linked hydrogel networks
to titanium surfaces. ACS Appl Mater Interfaces 6, 958-966 (2014).
C. Cha et al., Tailoring hydrogel adhesion to polydimethylsiloxane substrates using
polysaccharide glue. Angewandte Chemie International Edition 52, 6949-6952 (2013).
R. A. Stile, T. A. Barber, D. G. Castner, K. E. Healy, Sequential robust design methodology
and X‐ray photoelectron spectroscopy to analyze the grafting of hyaluronic acid to glass
substrates. Journal of biomedical materials research 61, 391-398 (2002).
Y. Bai et al., Transparent hydrogel with enhanced water retention capacity by introducing
highly hydratable salt. Applied Physics Letters 105, 151903 (2014).

202

65.
66.
67.
68.
69.
70.
71.
72.
73.
74.
75.
76.
77.
78.
79.
80.
81.
82.
83.
84.
85.

M. D. Bartlett et al., Looking beyond fibrillar features to scale gecko‐like adhesion.
Advanced Materials 24, 1078-1083 (2012).
M. K. Chaudhury, Interfacial interaction between low-energy surfaces. Materials Science
and Engineering: R: Reports 16, 97-159 (1996).
J. Y. Chung, M. K. Chaudhury, Soft and hard adhesion. The Journal of Adhesion 81, 11191145 (2005).
J. Comyn, Polymer permeability. (Springer Science & Business Media, 2012).
C. Creton, Pressure-sensitive adhesives: an introductory course. MRS bulletin 28, 434-439
(2003).
L.-H. Lee, Fundamentals of adhesion. (Springer Science & Business Media, 2013).
R. Long, K. R. Shull, C.-Y. Hui, Large deformation adhesive contact mechanics of circular
membranes with a flat rigid substrate. Journal of the Mechanics and Physics of Solids 58,
1225-1242 (2010).
R. Long, C.-Y. Hui, Axisymmetric membrane in adhesive contact with rigid substrates:
Analytical solutions under large deformation. International Journal of Solids and
Structures 49, 672-683 (2012).
J. Yang, R. Bai, Z. Suo, Topological adhesion of wet materials. Advanced Materials 30,
1800671 (2018).
B. P. Lee, P. B. Messersmith, J. N. Israelachvili, J. H. Waite, Mussel-inspired adhesives
and coatings. Annual Review of Materials Research 41, 99-132 (2011).
L. Petrone et al., Mussel adhesion is dictated by time-regulated secretion and molecular
conformation of mussel adhesive proteins. Nature communications 6, 1-12 (2015).
J. H. Waite, Nature's underwater adhesive specialist. International Journal of Adhesion
and Adhesives 7, 9-14 (1987).
Y. Zhao et al., Bio-inspired reversible underwater adhesive. Nature communications 8, 18 (2017).
N. Annabi, K. Yue, A. Tamayol, A. Khademhosseini, Elastic sealants for surgical
applications. European Journal of Pharmaceutics and Biopharmaceutics 95, 27-39 (2015).
H. Chung, R. H. Grubbs, Rapidly cross-linkable DOPA containing terpolymer adhesives
and PEG-based cross-linkers for biomedical applications. Macromolecules 45, 9666-9673
(2012).
A. Meddahi‐Pellé et al., Organ repair, hemostasis, and in vivo bonding of medical devices
by aqueous solutions of nanoparticles. Angewandte Chemie International Edition 53, 63696373 (2014).
S. Rose et al., Nanoparticle solutions as adhesives for gels and biological tissues. Nature
505, 382-385 (2014).
D.-A. Wang et al., Multifunctional chondroitin sulphate for cartilage tissue–biomaterial
integration. Nature materials 6, 385-392 (2007).
H. Yuk et al., Hydraulic hydrogel actuators and robots optically and sonically camouflaged
in water. Nature communications 8, 1-12 (2017).
H. Yuk, T. Zhang, G. A. Parada, X. Liu, X. Zhao, Skin-inspired hydrogel–elastomer
hybrids with robust interfaces and functional microstructures. Nature communications 7,
1-11 (2016).
H. Yuk, T. Zhang, S. Lin, G. A. Parada, X. Zhao, Tough bonding of hydrogels to diverse
non-porous surfaces. Nature materials 15, 190-196 (2016).

203

86.
87.
88.
89.
90.
91.
92.
93.
94.
95.
96.
97.
98.
99.
100.
101.
102.
103.
104.
105.
106.
107.

P. E. Rouse Jr, A theory of the linear viscoelastic properties of dilute solutions of coiling
polymers. The Journal of Chemical Physics 21, 1272-1280 (1953).
B. H. Zimm, Dynamics of polymer molecules in dilute solution: viscoelasticity, flow
birefringence and dielectric loss. The journal of chemical physics 24, 269-278 (1956).
J. V. Quinn, Tissue adhesives in clinical medicine. (PMPH-USA, 2005).
H. Yuk et al., Dry double-sided tape for adhesion of wet tissues and devices. Nature 575,
169-174 (2019).
S. Ji, J. Ding, The wetting process of a dry polymeric hydrogel. Polymer journal 34, 267270 (2002).
N. A. Peppas, P. Colombo, Analysis of drug release behavior from swellable polymer
carriers using the dimensionality index. Journal of Controlled Release 45, 35-40 (1997).
N. L. Thomas, A. Windle, A theory of case II diffusion. Polymer 23, 529-542 (1982).
T. Alfrey Jr, E. Gurnee, W. Lloyd, in Journal of Polymer Science Part C: Polymer
Symposia. (Wiley Online Library, 1966), vol. 12, pp. 249-261.
G. Hartley, Diffusion and swelling of high polymers. Part I.—The swelling and solution of
a high polymer solid considered as a diffusion process. Transactions of the Faraday Society
42, B006-B011 (1946).
R. C. Lasky, E. J. Kramer, C.-Y. Hui, Temperature dependence of case II diffusion.
Polymer 29, 1131-1136 (1988).
J. Crank, The Mathematics of Diffusion, (Oxford University Press, Oxford). (1975).
J. Crank, Diffusion in media with variable properties. Part III.—Diffusion coefficients
which vary discontinuously with concentration. Transactions of the Faraday Society 47,
450-461 (1951).
J. Crank, A theoretical investigation of the influence of molecular relaxation and internal
stress on diffusion in polymers. Journal of Polymer Science 11, 151-168 (1953).
H. Frisch, T. Wang, T. Kwei, Diffusion in glassy polymers. II. Journal of Polymer Science
Part A‐2: Polymer Physics 7, 879-887 (1969).
T. Kwei, H. Zupko, Diffusion in glassy polymers. I. Journal of Polymer Science Part A‐2:
Polymer Physics 7, 867-877 (1969).
T. Wang, T. Kwei, H. Frisch, Diffusion in glassy polymers. III. Journal of Polymer Science
Part A‐2: Polymer Physics 7, 2019-2028 (1969).
L. Anand, N. M. Ames, V. Srivastava, S. A. Chester, A thermo-mechanically coupled
theory for large deformations of amorphous polymers. Part I: Formulation. International
Journal of Plasticity 25, 1474-1494 (2009).
N. Bouklas, R. Huang, Swelling kinetics of polymer gels: comparison of linear and
nonlinear theories. Soft Matter 8, 8194-8203 (2012).
S. A. Chester, C. V. Di Leo, L. Anand, A finite element implementation of a coupled
diffusion-deformation theory for elastomeric gels. International Journal of Solids and
Structures 52, 1-18 (2015).
S. A. Chester, L. Anand, A coupled theory of fluid permeation and large deformations for
elastomeric materials. Journal of the Mechanics and Physics of Solids 58, 1879-1906
(2010).
M. Doi, Gel dynamics. Journal of the Physical Society of Japan 78, 052001 (2009).
W. Hong, X. Zhao, J. Zhou, Z. Suo, A theory of coupled diffusion and large deformation
in polymeric gels. Journal of the Mechanics and Physics of Solids 56, 1779-1793 (2008).

204

108.
109.
110.
111.
112.
113.
114.
115.
116.
117.
118.
119.
120.
121.
122.
123.
124.
125.
126.
127.
128.
129.
130.

J. Yoon, S. Cai, Z. Suo, R. C. Hayward, Poroelastic swelling kinetics of thin hydrogel
layers: comparison of theory and experiment. Soft Matter 6, 6004-6012 (2010).
E. Hohlfeld, L. Mahadevan, Scale and nature of sulcification patterns. Physical review
letters 109, 025701 (2012).
W. Hong, X. Zhao, Z. Suo, Formation of creases on the surfaces of elastomers and gels.
Applied Physics Letters 95, 111901 (2009).
P. J. Flory, Principles of polymer chemistry. (Cornell University Press, 1953).
P. J. Flory, J. Rehner Jr, Statistical mechanics of cross‐linked polymer networks I.
Rubberlike elasticity. The journal of chemical physics 11, 512-520 (1943).
P. J. Flory, Thermodynamics of high polymer solutions. The Journal of chemical physics
10, 51-61 (1942).
M. L. Huggins, Solutions of long chain compounds. The Journal of chemical physics 9,
440-440 (1941).
A. Windle, in Polymer Permeability. (Springer, 1985), pp. 75-118.
F. N. Kelley, F. Bueche, Viscosity and glass temperature relations for polymer‐diluent
systems. Journal of Polymer Science 50, 549-556 (1961).
N. Bouklas, C. M. Landis, R. Huang, A nonlinear, transient finite element method for
coupled solvent diffusion and large deformation of hydrogels. Journal of the Mechanics
and Physics of Solids 79, 21-43 (2015).
E. Buckingham, On physically similar systems; illustrations of the use of dimensional
equations. Physical review 4, 345 (1914).
T. Zhang, H. Yuk, S. Lin, G. A. Parada, X. Zhao, Tough and tunable adhesion of hydrogels:
experiments and models. Acta Mechanica Sinica 33, 543-554 (2017).
M. Rubinstein, R. H. Colby, Polymer physics. (Oxford university press New York, 2003),
vol. 23.
R. R. Rodrigues, M. J. C. Carmona, J. O. C. Junior, Bleeding and damage control surgery.
Current Opinion in Anesthesiology 29, 229-233 (2016).
R. Pfeifer, I. S. Tarkin, B. Rocos, H.-C. Pape, Patterns of mortality and causes of death in
polytrauma patients—has anything changed? Injury 40, 907-911 (2009).
M. El Sayad, H. Noureddine, Recent advances of hemorrhage management in severe
trauma. Emergency Medicine International 2014, (2014).
T. B. Reece, T. S. Maxey, I. L. Kron, A prospectus on tissue adhesives. The American
Journal of Surgery 182, S40-S44 (2001).
P. Coulthard et al., Tissue adhesives for closure of surgical incisions. Cochrane Database
of Systematic Reviews 5, CD004287 (2010).
B. Sharma et al., Human cartilage repair with a photoreactive adhesive-hydrogel composite.
Science Translational Medicine 5, 167ra166-167ra166 (2013).
E. T. Roche et al., A light-reflecting balloon catheter for atraumatic tissue defect repair.
Science Translational Medicine 7, 306ra149-306ra149 (2015).
H. Khoshmohabat, S. Paydar, H. M. Kazemi, B. Dalfardi, Overview of agents used for
emergency hemostasis. Trauma Monthly 21, (2016).
D. R. King, Initial care of the severely injured patient. New England Journal of Medicine
380, 763-770 (2019).
M. S. F. Mourão, J. M. Cenedezi, J. E. P. Machado, J. C. D. Ferreira, D. R. Junqueira, in
Vascular Diseases for the Non-Specialist: An Evidence-Based Guide, T. P. Navarro, A.

205

131.
132.
133.
134.
135.
136.
137.
138.
139.
140.
141.
142.
143.
144.
145.
146.
147.
148.
149.
150.
151.
152.

Dardik, D. Junqueira, L. Cisneros, Eds. (Springer International Publishing, Cham, 2017),
pp. 47-68.
N. Lang et al., A blood-resistant surgical glue for minimally invasive repair of vessels and
heart defects. Science Translational Medicine 6, 218ra216-218ra216 (2014).
Y. Hong et al., A strongly adhesive hemostatic hydrogel for the repair of arterial and heart
bleeds. Nature Communications 10, 2060 (2019).
N. Annabi et al., Engineering a highly elastic human protein–based sealant for surgical
applications. Science Translational Medicine 9, eaai7466 (2017).
J. Li et al., Tough adhesives for diverse wet surfaces. Science 357, 378-381 (2017).
L. Khandeparker, A. C. Anil, Underwater adhesion: the barnacle way. International
Journal of Adhesion and Adhesives 27, 165-172 (2007).
K. Kamino, Mini-review: barnacle adhesives and adhesion. Biofouling 29, 735-749 (2013).
K. Kamino, in Biological Adhesives. (Springer, 2016), pp. 153-176.
T. Essock-Burns et al., Barnacle biology before, during and after settlement and
metamorphosis: a study of the interface. Journal of Experimental Biology 220, 194-207
(2017).
H. Lee, B. P. Lee, P. B. Messersmith, A reversible wet/dry adhesive inspired by mussels
and geckos. Nature 448, 338 (2007).
G. P. Maier, M. V. Rapp, J. H. Waite, J. N. Israelachvili, A. Butler, Adaptive synergy
between catechol and lysine promotes wet adhesion by surface salt displacement. Science
349, 628-632 (2015).
Q. Zhao et al., Underwater contact adhesion and microarchitecture in polyelectrolyte
complexes actuated by solvent exchange. Nature Materials 15, 407 (2016).
N. V. Gohad et al., Synergistic roles for lipids and proteins in the permanent adhesive of
barnacle larvae. Nature Communications 5, 4414 (2014).
K. P. Fears, B. Orihuela, D. Rittschof, K. J. Wahl, Acorn Barnacles Secrete Phase‐
Separating Fluid to Clear Surfaces Ahead of Cement Deposition. Advanced Science 5,
1700762 (2018).
M. Nakano, J.-R. Shen, K. Kamino, Self-assembling peptide inspired by a barnacle
underwater adhesive protein. Biomacromolecules 8, 1830-1835 (2007).
C. E. Brubaker, P. B. Messersmith, The present and future of biologically inspired adhesive
interfaces and materials. Langmuir 28, 2200-2205 (2012).
H. Yuk et al., Dry double-sided tape for adhesion of wet tissues and devices. Nature 575,
169-174 (2019).
V. P. Shastri, Non-degradable biocompatible polymers in medicine: past, present and
future. Current Pharmaceutical Biotechnology 4, 331-337 (2003).
Z. Liu et al., Phosphoester cross-linked vegetable oil to construct a biodegradable and
biocompatible elastomer. Soft Matter 8, 5888-5895 (2012).
S. Miao, P. Wang, Z. Su, S. Zhang, Vegetable-oil-based polymers as future polymeric
biomaterials. Acta Biomaterialia 10, 1692-1704 (2014).
E. Koos, N. Willenbacher, Capillary forces in suspension rheology. Science 331, 897-900
(2011).
X. Mao, H. Yuk, X. Zhao, Hydration and swelling of dry polymers for wet adhesion.
Journal of the Mechanics and Physics of Solids 137, 103863 (2020).
T.-S. Wong et al., Bioinspired self-repairing slippery surfaces with pressure-stable
omniphobicity. Nature 477, 443 (2011).

206

153.
154.
155.
156.
157.
158.
159.
160.
161.
162.
163.
164.
165.
166.
167.
168.
169.
170.
171.

S. Amini et al., Preventing mussel adhesion using lubricant-infused materials. Science 357,
668-673 (2017).
S. H. Maron, P. E. Pierce, Application of Ree-Eyring generalized flow theory to
suspensions of spherical particles. Journal of Colloid Science 11, 80-95 (1956).
S. Mueller, E. Llewellin, H. Mader, The rheology of suspensions of solid particles.
Proceedings of the Royal Society A: Mathematical, Physical and Engineering Sciences 466,
1201-1228 (2009).
K. van der Vaart et al., Rheology of concentrated soft and hard-sphere suspensions. Journal
of Rheology 57, 1195-1209 (2013).
I. M. Krieger, T. J. Dougherty, A mechanism for non‐Newtonian flow in suspensions of
rigid spheres. Transactions of the Society of Rheology 3, 137-152 (1959).
F. Boyer, É. Guazzelli, O. Pouliquen, Unifying suspension and granular rheology. Physical
Review Letters 107, 188301 (2011).
É. Guazzelli, O. Pouliquen, Rheology of dense granular suspensions. Journal of Fluid
Mechanics 852, (2018).
X. Chen, H. Yuk, J. Wu, C. S. Nabzdyk, X. Zhao, Instant tough bioadhesive with
triggerable benign detachment. Proceedings of the National Academy of Sciences 117,
15497-15503 (2020).
J. T. Lee et al., Cell culture medium as an alternative to conventional simulated body fluid.
Acta Biomaterialia 7, 2615-2622 (2011).
K. R. Langley, S. T. Thoroddsen, Gliding on a layer of air: impact of a large-viscosity drop
on a liquid film. Journal of Fluid Mechanics 878, R2 (2019).
D. J. Walls, E. Meiburg, G. G. Fuller, The shape evolution of liquid droplets in miscible
environments. Journal of Fluid Mechanics 852, 422-452 (2018).
J. B. Boreyko, G. Polizos, P. G. Datskos, S. A. Sarles, C. P. Collier, Air-stable droplet
interface bilayers on oil-infused surfaces. Proceedings of the National Academy of Sciences
111, 7588-7593 (2014).
N. A. Peppas, P. A. Buri, Surface, interfacial and molecular aspects of polymer bioadhesion
on soft tissues. Journal of Controlled Release 2, 257-275 (1985).
P. Coulthard et al., Tissue adhesives for closure of surgical incisions. Cochrane Database
of Systematic Reviews 5, CD004287 (2010).
K. A. Vakalopoulos et al., Mechanical strength and rheological properties of tissue
adhesives with regard to colorectal anastomosis: an ex vivo study. Annals of Surgery 261,
323-331 (2015).
J. M. Karp, A Slick and Stretchable Surgical Adhesive. New England Journal of Medicine
377, 2092-2094 (2017).
S. A. LeMaire et al., The threat of adhesive embolization: BioGlue leaks through needle
holes in aortic tissue and prosthetic grafts. The Annals of Thoracic Surgery 80, 106-111
(2005).
S. Singla, G. Amarpuri, N. Dhopatkar, T. A. Blackledge, A. Dhinojwala, Hygroscopic
compounds in spider aggregate glue remove interfacial water to maintain adhesion in
humid conditions. Nature Communications 9, 1890 (2018).
J. P. Gong, Y. Katsuyama, T. Kurokawa, Y. Osada, Double‐network hydrogels with
extremely high mechanical strength. Advanced Materials 15, 1155-1158 (2003).

207

172.
173.
174.
175.
176.
177.
178.
179.
180.
181.
182.
183.
184.
185.
186.
187.
188.
189.
190.
191.

H. Yuk, T. Zhang, G. A. Parada, X. Liu, X. Zhao, Skin-inspired hydrogel–elastomer
hybrids with robust interfaces and functional microstructures. Nature Communications 7,
12028 (2016).
H. Yuk, B. Lu, X. Zhao, Hydrogel bioelectronics. Chemical Society Reviews 48, 16421667 (2019).
S. Gorgieva, V. Kokol, Preparation, characterization, and in vitro enzymatic degradation
of chitosan‐gelatine hydrogel scaffolds as potential biomaterials. Journal of Biomedical
Materials Research Part A 100, 1655-1667 (2012).
S. Barnes, M. Spencer, D. Graham, H. B. Johnson, Surgical wound irrigation: a call for
evidence-based standardization of practice. American Journal of Infection Control 42, 525529 (2014).
N. Lang et al., A Blood-Resistant Surgical Glue for Minimally Invasive Repair of Vessels
and Heart Defects. Science Translational Medicine 6, 218ra216 (2014).
W. Whyte et al., Sustained release of targeted cardiac therapy with a replenishable
implanted epicardial reservoir. Nature Biomedical Engineering 2, 416-428 (2018).
W. W. Jiang, S. H. Su, R. C. Eberhart, L. Tang, Phagocyte responses to degradable
polymers. Journal of Biomedical Materials Research Part A 82, 492-497 (2007).
K. Yamagishi et al., Tissue-adhesive wirelessly powered optoelectronic device for
metronomic photodynamic cancer therapy. Nature Biomedical Engineering 3, 27–36
(2019).
R. Feiner et al., Engineered hybrid cardiac patches with multifunctional electronics for
online monitoring and regulation of tissue function. Nature Materials 15, 679-685 (2016).
E. T. Roche et al., Soft robotic sleeve supports heart function. Science Translational
Medicine 9, eaaf3925 (2017).
T. G. Weiser et al., An estimation of the global volume of surgery: a modelling strategy
based on available data. The Lancet 372, 139-144 (2008).
A. J. Singer et al., Prospective, Randomized, Controlled Trial of Tissue Adhesive (2Octylcyanoacrylate) vs Standard Wound Closure Techniques for Laceration Repair.
Academic Emergency Medicine 5, 94-99 (1998).
T. B. Reece, T. S. Maxey, I. L. Kron, A prospectus on tissue adhesives. The American
Journal of Surgery 182, S40-S44 (2001).
P. Hangge et al., Hemostasis and nanotechnology. Cardiovascular Diagnosis and Therapy
7, S267 (2017).
J. Yang, R. Bai, B. Chen, Z. Suo, Hydrogel adhesion: A supramolecular synergy of
chemistry, topology, and mechanics. Advanced Functional Materials 30, 1901693 (2020).
G. M. Taboada et al., Overcoming the translational barriers of tissue adhesives. Nature
Reviews Materials, 1-20 (2020).
N. Lang et al., A blood-resistant surgical glue for minimally invasive repair of vessels and
heart defects. Science Translational Medicine 6, 218ra216-218ra216 (2014).
Y. Hong et al., A strongly adhesive hemostatic hydrogel for the repair of arterial and heart
bleeds. Nature Communications 10, 1-11 (2019).
Y. Zhao et al., Bio-inspired reversible underwater adhesive. Nature Communications 8,
2218 (2017).
Y. Zhou et al., Light-Switchable Polymer Adhesive Based on Photoinduced Reversible
Solid-to-Liquid Transitions. ACS Macro Letters 8, 968-972 (2019).

208

192.
193.
194.
195.
196.
197.
198.
199.
200.
201.
202.
203.
204.
205.
206.
207.
208.
209.
210.
211.

Y. Gao, K. Wu, Z. Suo, Photodetachable Adhesion. Advanced Materials 31, 1806948
(2019).
W. Li et al., Tough Bonding, On-Demand Debonding, and Facile Rebonding between
Hydrogels and Diverse Metal Surfaces. Advanced Materials 31, 1904732 (2019).
T. Xie et al., Wound dressing change facilitated by spraying zinc ions. Materials Horizons
7, 605-614 (2020).
R. Michel et al., Interfacial fluid transport is a key to hydrogel bioadhesion. Proceedings
of the National Academy of Sciences 116, 738-743 (2019).
K. Li, S. Cai, Wet adhesion between two soft layers. Soft Matter 10, 8202-8209 (2014).
X. Mao, H. Yuk, X. Zhao, Hydration and swelling of dry polymers for wet adhesion.
Journal of the Mechanics and Physics of Solids, 103863 (2020).
Y. Wang et al., Instant, tough, noncovalent adhesion. ACS Applied Materials & Interfaces
11, 40749-40757 (2019).
M. J. Fischer, in Surface Plasmon Resonance. (Springer, 2010), pp. 55-73.
C. Wang, Q. Yan, H.-B. Liu, X.-H. Zhou, S.-J. Xiao, Different EDC/NHS activation
mechanisms between PAA and PMAA brushes and the following amidation reactions.
Langmuir 27, 12058-12068 (2011).
C. Creton, J. Hooker, K. R. Shull, Bulk and interfacial contributions to the debonding
mechanisms of soft adhesives: Extension to large strains. Langmuir 17, 4948-4954 (2001).
T. Wang, E. Canetta, T. G. Weerakkody, J. L. Keddie, U. Rivas, pH dependence of the
properties of waterborne pressure-sensitive adhesives containing acrylic acid. ACS Applied
Materials & Interfaces 1, 631-639 (2009).
R. S. Gurney et al., Mechanical properties of a waterborne pressure-sensitive adhesive with
a percolating poly (acrylic acid)-based diblock copolymer network: Effect of pH. Journal
of Colloid and Interface Science 448, 8-16 (2015).
S. D. Perreault, R. A. Wolff, B. R. Zirkin, The role of disulfide bond reduction during
mammalian sperm nuclear decondensation in vivo. Developmental Biology 101, 160-167
(1984).
J. Liu et al., Triggerable tough hydrogels for gastric resident dosage forms. Nature
Communications 8, 1-10 (2017).
K. Oberg, B. A. Chrunyk, R. Wetzel, A. L. Fink, Native-like secondary structure in
interleukin-1. beta. Inclusion bodies by attenuated total reflectance FTIR. Biochemistry 33,
2628-2634 (1994).
A. Mattick, Use of tissue adhesives in the management of paediatric lacerations.
Emergency Medicine Journal 19, 382-385 (2002).
N. Al-Attar et al., Impact of bleeding complications on length of stay and critical care
utilization in cardiac surgery patients in England. Journal of cardiothoracic surgery 14, 64
(2019).
A. Zbrozek, G. Magee, Cost of bleeding in trauma and complex cardiac surgery. Clinical
Therapeutics 37, 1966-1974 (2015).
C. S. Landefeld, R. J. Beyth, Anticoagulant-related bleeding: clinical epidemiology,
prediction, and prevention. The American journal of medicine 95, 315-328 (1993).
J. G. Clay, J. K. Grayson, D. Zierold, Comparative testing of new hemostatic agents in a
swine model of extremity arterial and venous hemorrhage. Military medicine 175, 280-284
(2010).

209

212.
213.
214.
215.
216.
217.
218.
219.
220.
221.
222.
223.
224.
225.
226.
227.
228.
229.
230.
231.
232.

K. M. Lewis, S. Ikeme, T. Olubunmi, C. E. Kuntze, Clinical effectiveness and versatility
of a sealing hemostatic patch (HEMOPATCH) in multiple surgical specialties. Expert
review of medical devices 15, 367-376 (2018).
J. Rivnay, H. Wang, L. Fenno, K. Deisseroth, G. G. Malliaras, Next-generation probes,
particles, and proteins for neural interfacing. Science advances 3, e1601649 (2017).
J.-W. Jeong et al., Soft materials in neuroengineering for hard problems in neuroscience.
Neuron 86, 175-186 (2015).
S. P. Lacour, G. Courtine, J. Guck, Materials and technologies for soft implantable
neuroprostheses. Nature Reviews Materials 1, 16063 (2016).
R. Chen, A. Canales, P. Anikeeva, Neural recording and modulation technologies. Nature
Reviews Materials 2, 16093 (2017).
T. Someya, Z. Bao, G. G. Malliaras, The rise of plastic bioelectronics. Nature 540, 379
(2016).
D.-H. Kim et al., Epidermal electronics. science 333, 838-843 (2011).
I. R. Minev et al., Electronic dura mater for long-term multimodal neural interfaces.
Science 347, 159-163 (2015).
K. Tybrandt et al., High‐Density Stretchable Electrode Grids for Chronic Neural Recording.
Advanced Materials 30, 1706520 (2018).
D. Qi et al., Highly stretchable, compliant, polymeric microelectrode arrays for in vivo
electrophysiological interfacing. Advanced Materials 29, 1702800 (2017).
C. Xie et al., Three-dimensional macroporous nanoelectronic networks as minimally
invasive brain probes. Nature materials 14, 1286 (2015).
H. Yuk, T. Zhang, S. Lin, G. A. Parada, X. Zhao, Tough bonding of hydrogels to diverse
non-porous surfaces. Nature Materials 15, 190 (2016).
H. Yuk, B. Lu, X. Zhao, Hydrogel bioelectronics. Chemical Society Reviews doi:
10.1039/C8CS00595H (2018).
D. Mawad et al., A conducting polymer with enhanced electronic stability applied in
cardiac models. Science advances 2, e1601007 (2016).
L. Groenendaal, F. Jonas, D. Freitag, H. Pielartzik, J. R. Reynolds, Poly (3, 4‐
ethylenedioxythiophene) and its derivatives: past, present, and future. Advanced Materials
12, 481-494 (2000).
V. R. Feig, H. Tran, M. Lee, Z. Bao, Mechanically tunable conductive interpenetrating
network hydrogels that mimic the elastic moduli of biological tissue. Nature
Communications 9, 2740 (2018).
S. Venkatraman et al., In vitro and in vivo evaluation of PEDOT microelectrodes for neural
stimulation and recording. IEEE Transactions on Neural Systems Rehabilitation
Engineering 19, 307-316 (2011).
M. Berggren, A. Richter‐Dahlfors, Organic bioelectronics. Advanced Materials 19, 32013213 (2007).
Y. Y. Lee et al., A Strain‐Insensitive Stretchable Electronic Conductor: PEDOT:
PSS/Acrylamide Organogels. Advanced materials 28, 1636-1643 (2016).
H. Warren, M. i. h. Panhuis, Electrically Conducting PEDOT:PSS – Gellan Gum
Hydrogels. MRS Proceedings 1569, 219-223 (2013).
J. Goding, A. Gilmour, P. Martens, L. Poole‐Warren, R. Green, Interpenetrating
conducting hydrogel materials for neural interfacing electrodes. Advanced healthcare
materials 6, 1601177 (2017).

210

233.
234.
235.
236.
237.
238.
239.
240.
241.
242.
243.
244.
245.
246.
247.
248.
249.
250.
251.
252.

A. K. Gaharwar, N. A. Peppas, A. Khademhosseini, Nanocomposite hydrogels for
biomedical applications. Biotechnology and Bioengineering 111, 441-453 (2014).
S. Choi, S. I. Han, D. Kim, T. Hyeon, D.-H. Kim, High-performance stretchable conductive
nanocomposites: materials, processes, and device applications. Chemical Society Reviews,
(2018).
S. Smart, A. Cassady, G. Lu, D. Martin, The biocompatibility of carbon nanotubes. Carbon
44, 1034-1047 (2006).
M. Hussain, M. Kabir, A. Sood, On the cytotoxicity of carbon nanotubes. Current Science
96, (2009).
N. Mano, J. E. Yoo, J. Tarver, Y.-L. Loo, A. Heller, An electron-conducting cross-linked
polyaniline-based redox hydrogel, formed in one step at pH 7.2, wires glucose oxidase.
Journal of the American Chemical Society 129, 7006-7007 (2007).
T. Dai, Z. Shi, C. Shen, J. Wang, Y. Lu, Self-strengthened conducting polymer hydrogels.
Synthetic Metals 160, 1101-1106 (2010).
L. Pan et al., Hierarchical nanostructured conducting polymer hydrogel with high
electrochemical activity. Proceedings of the National Academy of Sciences 109, 9287-9292
(2012).
D. Mawad et al., A single component conducting polymer hydrogel as a scaffold for tissue
engineering. Advanced Functional Materials 22, 2692-2699 (2012).
M. ElMahmoudy et al., Tailoring the electrochemical and mechanical properties of
PEDOT: PSS films for bioelectronics. Macromolecular Materials and Engineering 302,
(2017).
B. Yao et al., Ultrahigh‐Conductivity Polymer Hydrogels with Arbitrary Structures.
Advanced Materials 29, 1700974 (2017).
C. M. Palumbiny et al., The crystallization of PEDOT: PSS polymeric electrodes probed
in situ during printing. Advanced Materials 27, 3391-3397 (2015).
C. Duc, A. Vlandas, G. Malliaras, V. Senez, Wettability of PEDOT: PSS films. Soft matter
12, 5146-5153 (2016).
C. Duc, A. Vlandas, G. G. Malliaras, V. Senez, Electrowetting on Immersed Conducting
Hydrogel. The Journal of Physical Chemistry B 121, 9947-9956 (2017).
U. Lang, E. Müller, N. Naujoks, J. Dual, Microscopical investigations of PEDOT: PSS thin
films. Advanced Functional Materials 19, 1215-1220 (2009).
J. Rivnay et al., Structural control of mixed ionic and electronic transport in conducting
polymers. Nature communications 7, 11287 (2016).
H. Shi, C. Liu, Q. Jiang, J. Xu, Effective approaches to improve the electrical conductivity
of PEDOT: PSS: a review. Advanced Electronic Materials 1, 1500017 (2015).
L. Ouyang et al., Enhanced PEDOT adhesion on solid substrates with electrografted P
(EDOT-NH2). Science advances 3, e1600448 (2017).
J. Nevrela et al., Secondary doping in poly (3, 4‐ethylenedioxythiophene): Poly (4‐
styrenesulfonate) thin films. Journal of Polymer Science Part B: Polymer Physics 53,
1139-1146 (2015).
D. J. Lipomi et al., Electronic properties of transparent conductive films of PEDOT: PSS
on stretchable substrates. Chemistry of Materials 24, 373-382 (2012).
N. Kim et al., Highly conductive PEDOT: PSS nanofibrils induced by solution‐processed
crystallization. Advanced materials 26, 2268-2272 (2014).

211

253.
254.
255.
256.
257.
258.
259.
260.
261.
262.
263.
264.
265.
266.
267.
268.
269.
270.
271.
272.
273.

S. Savagatrup et al., Plasticization of PEDOT: PSS by common additives for mechanically
robust organic solar cells and wearable sensors. Advanced Functional Materials 25, 427436 (2015).
B. J. Worfolk et al., Ultrahigh electrical conductivity in solution-sheared polymeric
transparent films. Proceedings of the National Academy of Sciences 112, 14138-14143
(2015).
Y. Wang et al., A highly stretchable, transparent, and conductive polymer. Science
advances 3, e1602076 (2017).
E.-G.
Kim,
J.-L.
Brédas,
Electronic
evolution
of
poly
(3,
4ethylenedioxythiophene)(PEDOT): From the isolated chain to the pristine and heavily
doped crystals. Journal of the American Chemical Society 130, 16880-16889 (2008).
T. Takano, H. Masunaga, A. Fujiwara, H. Okuzaki, T. Sasaki, PEDOT nanocrystal in
highly conductive PEDOT: PSS polymer films. Macromolecules 45, 3859-3865 (2012).
S. I. Park et al., Soft, stretchable, fully implantable miniaturized optoelectronic systems for
wireless optogenetics. Nature biotechnology 33, 1280 (2015).
J.-W. Jeong et al., Wireless optofluidic systems for programmable in vivo pharmacology
and optogenetics. Cell 162, 662-674 (2015).
K.-I. Jang et al., Soft network composite materials with deterministic and bio-inspired
designs. Nature communications 6, 6566 (2015).
Y. Mochizuki, T. Horii, H. Okuzaki, Effect of pH on structure and conductivity of
PEDOT/PSS. Transactions of the Materials Research Society of Japan 37, 307-310 (2012).
Y. Liu et al., Soft and elastic hydrogel-based microelectronics for localized low-voltage
neuromodulation. Nature Biomedical Engineering 3, 58-68 (2019).
S. F. Cogan, Neural stimulation and recording electrodes. Annu. Rev. Biomed. Eng. 10,
275-309 (2008).
Y. Shi, L. Peng, Y. Ding, Y. Zhao, G. Yu, Nanostructured conductive polymers for
advanced energy storage. Chemical Society Reviews 44, 6684-6696 (2015).
H. Sirringhaus et al., High-resolution inkjet printing of all-polymer transistor circuits.
Science 290, 2123-2126 (2000).
Y. Wang et al., A highly stretchable, transparent, and conductive polymer. Science
Advances 3, e1602076 (2017).
E. Bihar et al., Inkjet‐printed PEDOT: PSS electrodes on paper for electrocardiography.
Advanced Healthcare Materials 6, 1601167 (2017).
C. Zhu et al., Stretchable temperature-sensing circuits with strain suppression based on
carbon nanotube transistors. Nature Electronics 1, 183 (2018).
K. Hong, S. H. Kim, A. Mahajan, C. D. Frisbie, Aerosol jet printed p-and n-type
electrolyte-gated transistors with a variety of electrode materials: Exploring practical
routes to printed electronics. ACS Applied Materials & Interfaces 6, 18704-18711 (2014).
K. Hong et al., Aerosol Jet Printed, Sub‐2 V Complementary Circuits Constructed from P‐
and N‐Type Electrolyte Gated Transistors. Advanced Materials 26, 7032-7037 (2014).
B. Thompson, H.-S. Yoon, Aerosol-printed strain sensor using PEDOT: PSS. IEEE
Sensors Journal 13, 4256-4263 (2013).
S. Sekine, Y. Ido, T. Miyake, K. Nagamine, M. Nishizawa, Conducting polymer electrodes
printed on hydrogel. Journal of the American Chemical Society 132, 13174-13175 (2010).
Y. Ido et al., Conducting polymer microelectrodes anchored to hydrogel films. ACS Macro
Letters 1, 400-403 (2012).

212

274.
275.
276.
277.
278.
279.
280.
281.
282.
283.
284.
285.
286.
287.
288.
289.
290.
291.
292.
293.
294.
295.

V. R. Feig et al., An electrochemical gelation method for patterning conductive PEDOT:
PSS hydrogels. Advanced Materials 31, 1902869 (2019).
S. Wang et al., Skin electronics from scalable fabrication of an intrinsically stretchable
transistor array. Nature 555, 83 (2018).
Y. Liu et al., Soft conductive micropillar electrode arrays for biologically relevant
electrophysiological recording. Proceedings of the National Academy of Sciences 115,
11718-11723 (2018).
Y. Liu et al., Soft and elastic hydrogel-based microelectronics for localized low-voltage
neuromodulation. Nature Biomedical Engineering 3, 58 (2019).
R. L. Truby, J. A. Lewis, Printing soft matter in three dimensions. Nature 540, 371 (2016).
H. Yuk, X. Zhao, A new 3D printing strategy by harnessing deformation, instability, and
fracture of viscoelastic inks. Advanced Materials 30, 1704028 (2018).
B. Y. Ahn et al., Omnidirectional printing of flexible, stretchable, and spanning silver
microelectrodes. Science 323, 1590-1593 (2009).
J. H. Martin et al., 3D printing of high-strength aluminium alloys. Nature 549, 365 (2017).
C. Ladd, J. H. So, J. Muth, M. D. Dickey, 3D printing of free standing liquid metal
microstructures. Advanced Materials 25, 5081-5085 (2013).
A. S. Gladman, E. A. Matsumoto, R. G. Nuzzo, L. Mahadevan, J. A. Lewis, Biomimetic
4D printing. Nature Materials 15, 413 (2016).
B. Grigoryan et al., Multivascular networks and functional intravascular topologies within
biocompatible hydrogels. Science 364, 458-464 (2019).
D. B. Kolesky et al., 3D bioprinting of vascularized, heterogeneous cell‐laden tissue
constructs. Advanced Materials 26, 3124-3130 (2014).
H.-W. Kang et al., A 3D bioprinting system to produce human-scale tissue constructs with
structural integrity. Nature Biotechnology 34, 312 (2016).
X. Liu et al., 3D printing of living responsive materials and devices. Advanced Materials
30, 1704821 (2018).
F. Kotz et al., Three-dimensional printing of transparent fused silica glass. Nature 544, 337
(2017).
S. Gantenbein et al., Three-dimensional printing of hierarchical liquid-crystal-polymer
structures. Nature 561, 226 (2018).
Y. Kim, H. Yuk, R. Zhao, S. A. Chester, X. Zhao, Printing ferromagnetic domains for
untethered fast-transforming soft materials. Nature 558, 274 (2018).
J. T. Kim et al., Three‐Dimensional Writing of Conducting Polymer Nanowire Arrays by
Meniscus‐Guided Polymerization. Advanced Materials 23, 1968-1970 (2011).
H. Devaraj, K. Aw, J. Travas-Sejdic, R. Sharma, in 18th International Conference on SolidState Sensors, Actuators and Microsystems (TRANSDUCERS). (IEEE, 2015), pp. 10971100.
D. N. Heo et al., Development of 3D printable conductive hydrogel with crystallized
PEDOT: PSS for neural tissue engineering. Materials Science and Engineering: C 99, 582590 (2019).
B. Lu et al., Pure PEDOT:PSS hydrogels. Nature Communications 10, 1043 (2019).
B. Nazari, V. Kumar, D. W. Bousfield, M. Toivakka, Rheology of cellulose nanofibers
suspensions: boundary driven flow. Journal of Rheology 60, 1151-1159 (2016).

213

296.
297.
298.
299.
300.
301.
302.
303.
304.
305.
306.
307.
308.
309.
310.
311.
312.
313.
314.
315.
316.

L. Mendoza, W. Batchelor, R. F. Tabor, G. Garnier, Gelation mechanism of cellulose
nanofibre gels: A colloids and interfacial perspective. Journal of Colloid and Interface
Science 509, 39-46 (2018).
A. G. Guex et al., Highly porous scaffolds of PEDOT: PSS for bone tissue engineering.
Acta Biomaterialia 62, 91-101 (2017).
C. Hsu, F. Mansfeld, Concerning the conversion of the constant phase element parameter
Y0 into a capacitance. Corrosion 57, 747-748 (2001).
J. Heinze, B. A. Frontana-Uribe, S. Ludwigs, Electrochemistry of Conducting Polymers Persistent Models and New Concepts. Chemical Reviews 110, 4724-4771 (2010).
U. Lang, N. Naujoks, J. Dual, Mechanical characterization of PEDOT: PSS thin films.
Synthetic Metals 159, 473-479 (2009).
S. I. Park et al., Soft, stretchable, fully implantable miniaturized optoelectronic systems for
wireless optogenetics. Nature Biotechnology 33, 1280 (2015).
T. D. Y. Kozai et al., Ultrasmall implantable composite microelectrodes with bioactive
surfaces for chronic neural interfaces. Nature Materials 11, 1065 (2012).
S. Park et al., One-step optogenetics with multifunctional flexible polymer fibers. Nature
Neuroscience 20, 612 (2017).
S. Choi, H. Lee, R. Ghaffari, T. Hyeon, D. H. Kim, Recent advances in flexible and
stretchable bio‐electronic devices integrated with nanomaterials. Advanced Materials 28,
4203-4218 (2016).
M. Kaltenbrunner et al., Ultrathin and lightweight organic solar cells with high flexibility.
Nature Communications 3, 770 (2012).
W. Honda, S. Harada, T. Arie, S. Akita, K. Takei, Wearable, human‐interactive, health‐
monitoring, wireless devices fabricated by macroscale printing techniques. Advanced
Functional Materials 24, 3299-3304 (2014).
X. T. Cui, D. D. Zhou, Poly (3, 4-ethylenedioxythiophene) for chronic neural stimulation.
IEEE Transactions on Neural Systems Rehabilitation Engineering 15, 502-508 (2007).
R. A. Green et al., Substrate dependent stability of conducting polymer coatings on medical
electrodes. Biomaterials 33, 5875-5886 (2012).
H. S. Mandal et al., Improving the performance of poly (3, 4-ethylenedioxythiophene) for
brain–machine interface applications. Acta Biomaterialia 10, 2446-2454 (2014).
D. Khodagholy et al., In vivo recordings of brain activity using organic transistors. Nature
Communications 4, 1575 (2013).
B. Lu et al., Pure PEDOT:PSS hydrogels. Nature Communications 10, 1043 (2019).
J. Kim, J. Jung, D. Lee, J. Joo, Enhancement of electrical conductivity of poly (3, 4ethylenedioxythiophene)/poly (4-styrenesulfonate) by a change of solvents. Synthetic
Metals 126, 311-316 (2002).
J. Rivnay, R. M. Owens, G. G. Malliaras, The rise of organic bioelectronics. Chemistry of
Materials 26, 679-685 (2013).
M. Marzocchi et al., Physical and electrochemical properties of PEDOT: PSS as a tool for
controlling cell growth. ACS Applied Materials & Interfaces 7, 17993-18003 (2015).
Y. Liu et al., Soft conductive micropillar electrode arrays for biologically relevant
electrophysiological recording. Proceedings of the National Academy of Sciences,
201810827 (2018).
D. Wirthl et al., Instant tough bonding of hydrogels for soft machines and electronics.
Science Advances 3, e1700053 (2017).

214

317.

318.
319.
320.
321.
322.
323.
324.
325.
326.
327.
328.
329.
330.
331.
332.
333.
334.
335.

C. Boehler, F. Oberueber, S. Schlabach, T. Stieglitz, M. Asplund, Long-term stable
adhesion for conducting polymers in biomedical applications: IrOx and nanostructured
platinum solve the chronic challenge. ACS Applied Materials & Interfaces 9, 189-197
(2016).
A. S. Pranti, A. Schander, A. Bödecker, W. Lang, in Multidisciplinary Digital Publishing
Institute Proceedings. (2017), vol. 1, pp. 492.
A. G. Sadekar et al., Robust PEDOT films by covalent bonding to substrates using in
tandem sol–gel, surface initiated free-radical and redox polymerization. Journal of
Materials Chemistry 22, 100-108 (2012).
B. Wei, J. Liu, L. Ouyang, C.-C. Kuo, D. C. Martin, Significant enhancement of PEDOT
thin film adhesion to inorganic solid substrates with EDOT-acid. ACS Applied Materials
& Interfaces 7, 15388-15394 (2015).
H. Schreiber, R. Qin, A. Sengupta, The effectiveness of silane adhesion promoters in the
performance of polyurethane adhesives. The Journal of Adhesion 68, 31-44 (1998).
S. Naficy, G. M. Spinks, G. G. Wallace, Thin, tough, pH-sensitive hydrogel films with
rapid load recovery. ACS Applied Materials & Interfaces 6, 4109-4114 (2014).
M. Sasaki et al., Highly conductive stretchable and biocompatible electrode–hydrogel
hybrids for advanced tissue engineering. Advanced Healthcare Materials 3, 1919-1927
(2014).
M. Ganji et al., Monolithic and Scalable Au Nanorod Substrates Improve PEDOT–Metal
Adhesion and Stability in Neural Electrodes. Advanced Healthcare Materials 7, 1800923
(2018).
B. Rubehn, C. Bosman, R. Oostenveld, P. Fries, T. Stieglitz, A MEMS-based flexible
multichannel ECoG-electrode array. Journal of Neural Engineering 6, 036003 (2009).
M. R. Abidian, D. C. Martin, Multifunctional nanobiomaterials for neural interfaces.
Advanced Functional Materials 19, 573-585 (2009).
P. J. Rousche, R. A. Normann, Chronic intracortical microstimulation (ICMS) of cat
sensory cortex using the Utah Intracortical Electrode Array. IEEE Transactions on
Rehabilitation Engineering 7, 56-68 (1999).
M. A. Nicolelis et al., Chronic, multisite, multielectrode recordings in macaque monkeys.
Proceedings of the National Academy of Sciences 100, 11041-11046 (2003).
J. Bo et al., Morphology-controlled fabrication of polypyrrole hydrogel for solid-state
supercapacitor. Journal of Power Sources 407, 105-111 (2018).
H. Guo, W. He, Y. Lu, X. Zhang, Self-crosslinked polyaniline hydrogel electrodes for
electrochemical energy storage. Carbon 92, 133-141 (2015).
J. A. Rogers, T. Someya, Y. Huang, Materials and mechanics for stretchable electronics.
Science 327, 1603-1607 (2010).
T. Someya, Z. Bao, G. G. Malliaras, The rise of plastic bioelectronics. Nature 540, 379385 (2016).
R. Feiner, T. Dvir, Tissue–electronics interfaces: From implantable devices to engineered
tissues. Nature Reviews Materials 3, 17076 (2018).
G. Schiavone, S. P. Lacour, Conformable bioelectronic interfaces: Mapping the road ahead.
Science Translational Medicine 11, eaaw5858 (2019).
H. Yuk, B. Lu, X. Zhao, Hydrogel bioelectronics. Chemical Society Reviews 48, 16421667 (2019).

215

336.
337.
338.
339.
340.
341.
342.
343.
344.
345.
346.
347.
348.
349.
350.
351.
352.
353.
354.
355.
356.
357.

Y. Zhang et al., Climbing-inspired twining electrodes using shape memory for peripheral
nerve stimulation and recording. Science Advances 5, eaaw1066 (2019).
D.-H. Kim et al., Dissolvable films of silk fibroin for ultrathin conformal bio-integrated
electronics. Nature Materials 9, 511-517 (2010).
J. Park et al., Electromechanical cardioplasty using a wrapped elasto-conductive epicardial
mesh. Science Translational Medicine 8, 344ra386 (2016).
J. W. Jeong et al., Materials and optimized designs for human‐machine interfaces via
epidermal electronics. Advanced Materials 25, 6839-6846 (2013).
K. Sim et al., Metal oxide semiconductor nanomembrane–based soft unnoticeable
multifunctional electronics for wearable human-machine interfaces. Science Advances 5,
eaav9653 (2019).
D.-H. Kim et al., Epidermal electronics. Science 333, 838-843 (2011).
M. Kaltenbrunner et al., An ultra-lightweight design for imperceptible plastic electronics.
Nature 499, 458 (2013).
S. Lee et al., A strain-absorbing design for tissue–machine interfaces using a tunable
adhesive gel. Nature Communications 5, 5898 (2014).
H. Ouyang et al., Symbiotic cardiac pacemaker. Nature Communications 10, 1821 (2019).
C. M. Boutry et al., Biodegradable and flexible arterial-pulse sensor for the wireless
monitoring of blood flow. Nature Biomedical Engineering 3, 47-57 (2019).
J. Koo et al., Wireless bioresorbable electronic system enables sustained
nonpharmacological neuroregenerative therapy. Nature Medicine 24, 1830-1836 (2018).
C. M. Boutry et al., A stretchable and biodegradable strain and pressure sensor for
orthopaedic application. Nature Electronics 1, 314-321 (2018).
E. I. Chang et al., Vascular anastomosis using controlled phase transitions in poloxamer
gels. Nature Medicine 17, 1147-1152 (2011).
I. R. Minev et al., Electronic dura mater for long-term multimodal neural interfaces.
Science 347, 159-163 (2015).
E. Formento et al., Electrical spinal cord stimulation must preserve proprioception to
enable locomotion in humans with spinal cord injury. Nature Neuroscience 21, 1728-1741
(2018).
P. D. Nido, B. S. Goldman, Temporary epicardial pacing after open heart surgery:
complications and prevention. Journal of Cardiac Surgery 4, 99-103 (1989).
S. Yang et al., “Cut-and-paste” manufacture of multiparametric epidermal sensor systems.
Advanced Materials 27, 6423-6430 (2015).
A. Koh et al., A soft, wearable microfluidic device for the capture, storage, and colorimetric
sensing of sweat. Science Translational Medicine 8, 366ra165 (2016).
M. Liao et al., Wearable, healable, and adhesive epidermal sensors assembled from mussel‐
inspired conductive hybrid hydrogel framework. Advanced Functional Materials 27,
1703852 (2017).
S. Liang et al., Paintable and rapidly bondable conductive hydrogels as therapeutic cardiac
patches. Advanced Materials 30, 1704235 (2018).
T. Sekitani et al., Ultraflexible organic amplifier with biocompatible gel electrodes. Nature
Communications 7, 11425 (2016).
K. Yamagishi et al., Tissue-adhesive wirelessly powered optoelectronic device for
metronomic photodynamic cancer therapy. Nature Biomedical Engineering 3, 27-36
(2019).

216

358.
359.
360.
361.
362.
363.
364.
365.
366.
367.
368.

J. Liu et al., Intrinsically stretchable electrode array enabled in vivo electrophysiological
mapping of atrial fibrillation at cellular resolution. Proceedings of the National Academy
of Sciences 117, 14769-14778 (2020).
H. Yuk et al., Dry double-sided tape for adhesion of wet tissues and devices. Nature 575,
169–174 (2019).
X. Ma et al., Capillary-force-assisted clean-stamp transfer of two-dimensional materials.
Nano Letters 17, 6961-6967 (2017).
J.-H. Yang, Y.-D. Lee, Highly electrically conductive rGO/PVA composites with a
network dispersive nanostructure. Journal of Materials Chemistry 22, 8512-8517 (2012).
J. Liu et al., Fatigue-resistant adhesion of hydrogels. Nature Communications 11, 1-9
(2020).
J. Liu et al., Triggerable tough hydrogels for gastric resident dosage forms. Nature
communications 8, 124 (2017).
S. Kashyap, S. K. Pratihar, S. K. Behera, Strong and ductile graphene oxide reinforced
PVA nanocomposites. Journal of Alloys and Compounds 684, 254-260 (2016).
C. Gabriel, A. Peyman, E. H. Grant, Electrical conductivity of tissue at frequencies below
1 MHz. Physics in Medicine & Biology 54, 4863 (2009).
S. F. Cogan, Neural stimulation and recording electrodes. Annual Review of Biomedical
Engineering 10, 275-309 (2008).
Y. Liu et al., Soft and elastic hydrogel-based microelectronics for localized low-voltage
neuromodulation. Nature Biomedical Engineering 3, 58–68 (2019).
H. Zheng et al., A shape-memory and spiral light-emitting device for precise multisite
stimulation of nerve bundles. Nature Communications 10, 2790 (2019).

217

