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ABSTRACT 
Hydrogels that can respond to dynamic forces either from endogenous biological activities or from external mechanical stimuli show great 
promise as novel drug delivery systems (DDS). However, it remains challenging to engineer hydrogels that specifically respond to externally 
applied mechanical forces with minimal basal drug leakage under normal stressful physiological conditions. Here we present an ultrasound 
responsive hydrogel-based DDS with special dual-crosslinked nanoscale network architecture. The covalent crosslinks endow the hydrogel 
high mechanical stability and greatly suppress deformation-triggered drug release. Meanwhile, the dynamic covalent boronate ester linkages 
between hydrogel backbone and the anti-inflammation compound, tannic acid (TA), allow effective ultrasound-triggered pulsatile release of 
TA. As such, the hydrogel shows distinct drug release profiles under compression and ultrasound. A proof-of-principle demonstration of the 
suppression of inflammation activation of macrophage upon ultrasound-triggered release of TA was also illustrated. We anticipate that this 
novel hydrogel-based drug delivery system can be used for the treatment of inflammatory diseases on load-bearing tissues, such as muscle 
and cartilage. 
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1 Introduction 
Owing to their high biocompatibility and environmental respon-
siveness [1], hydrogels and microgels have been extensively explored 
for a variety of biological applications, including tissue engineering 
[2–4], wound dressing [5, 6], bioactuators [7–9] and drug delivery 
[10–12]. Many of these applications require the hydrogels to have 
considerable mechanical stability, as they are inevitably subjected to 
mechanical forces when functioning in vivo [13]. Forces generated 
in many physiological processes, such as muscle contraction [14], 
cartilage compression [15] and blood flow in the cardiovascular 
systems [16], can cause deformation and even disintegration of 
hydrogels. Forces are also involved in many pathological conditions, 
such as scar formation and inflammation [17]. Taking advantage of 
these special mechanical forces, hydrogels have been tailored as 
“smart” drug delivery systems (DDS) that can release encapsulated 
drugs upon mechanical stimuli [18–23]. These systems are promising 
for the treatment of some diseases [13, 24–26]. Parallel to the design 
of hydrogels responsive to internal mechanical forces, hydrogels 
that can control drug release upon various external mechanical 
stimuli, such as magnetic forces and ultrasound, have also been 
extensively explored [27–32]. These systems allow spatial, temporal 
and on-demand control of drug release [33–35]. However, it is not 
possible to distinguish intrinsic and external mechanical forces in  

biological settings. Many drug carriers that are designed to respond 
to external mechanical stimuli may also show considerable drug 
release induced by unavoidable endogenous mechanical forces. It 
remains a major challenge to engineer hydrogels that do not show 
significant basal drug release yet can still respond to external 
mechanical triggers.  

Most mechanical force-responsive hydrogel-based drug delivery 
systems rely on the force induced dynamic or permanent changes 
of the hydrogel network to release encapsulated drugs [1, 30, 33]. 
Therefore, the hydrogels are designed to be mechanically weak so 
that they are sensitive to mechanical stimuli. In order to increase 
the mechanical stability of the hydrogels without jeopardizing the 
mechanical responsiveness, we decided to engineer a dual crosslinked 
(DC) hydrogel [36] with unique nanoscale network topology. In the 
DC gel, the permanent crosslinkers provide substantial mechanical 
stability to minimize the drug leakage under intrinsic mechanical 
stress and the dynamic crosslinkers can still effectively respond to 
external ultrasound stimuli. Moreover, the model drugs are linked 
to the hydrogels via dynamic covalent bonds, which further reduces 
endogenous force-triggered release. This novel hydrogel can be 
reliably used under substantial mechanical load and can respond to 
external mechanical force for on-demand drug release. We anticipate 
that they can be used for the treatment of diseases on load-bearing 
tissues, such as muscle and cartilage.  
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2 Results and discussion 
Figure 1 shows the design of the DC gel-based drug delivery system. 
We chose methacrylic hyaluronic acid (HA) mixed with four-armed 
polyethylene-glycol acrylate (4arm-PEG-Aclt) as the backbone of 
the hydrogel. The permanently crosslinked hydrogel network was 
constructed through free radical polymerization. And the dynamic 
crosslinking was achieved through the formation of boronate ester 
bonds between phenyl boronic acid and a polyphenol compound, 
tannic acid (TA, Fig. S1 in the Electronic Supplementary Material 
(ESM)) from green tea. TA and other green tea derived polyphenols 
have been proven to have antibacterial, antioxidant [37], and anti- 
inflammatory properties and have been used for the treatment of 
arthritis [38, 39]. We used TA as the model drug and the dynamic 
crosslinker of the hydrogel. Inspired by the dynamic nature of 
boronate ester bonds at neutral pH [40–44], we hypothesized that 
they might be mechanically labile under physiological conditions 
compared to typical covalent bonds. HA bearing both methacrylic 
and phenyl boronic groups was synthesized in two steps as illustrated 
in Fig. 1(a). First HA was coupled with 4-(aminomethyl) phynyl 
boronic acid boronic acid to yield PhB-HA. Then, PhB-HA was 
reacted with methacrylic anhydride to get PhB-mHA. The grafting 
ratios of methacrylic and phenyl boronic groups were determined 
to be about 20% and 10% with respect to the HA repeating unit, 
respectively (Fig. S2 in the ESM). The hydrogels were prepared by 
copolymerization of PhB-mHA with 4arm-PEG-Aclt (MW: 20 kDa) 
to produce the pre-gel with only the permanent crosslinked 
network. Then, the pre-gel was immersed in the phosphate buffer 
saline (PBS, pH = 7.4) solution containing different concentrations 
of TA to produce the final dual-crosslinked hydrogel (DC-gel). The 
proposed hydrogel network architecture is shown in Fig. 1(b). The 
photographs of the pre-gel and the DC-gel are shown in Fig. 1(c). 
Clearly, the hydrogel changed from transparent to brownish-green 
when being immersed in TA solutions, suggesting the formation of 
boronate ester bonds. Moreover, the swelling ratio of the pre-gels in 
PBS was ~ 1.3 times of the DC-gels (Fig. 1(c) and Fig. S3 in the ESM). 
The DC-gel was more compressible than the pre-gel presumably 
due to the presence of dynamic crosslinkers to dissipate energy  
(Fig. 1(c)). The presence of dual crosslinkers in the DC-gel was 
further verified by the rheological test. For the pre-gel, both G’ and 
G’’ are low and remain constant over a broad angular frequency 
range, which is characteristic for the permanent network of hydrogels 
(Fig. 1(d)). In contrast, G’ and G’’ of the DC-gel are much higher 
and depend on angular frequency, suggesting the presence of dynamic 
crosslinkers (Fig. 1(d)). The presence of additional crosslinkers in 
the DC-gel was also evidenced from scanning electron microscopy 
(SEM) images of the lyophilized gel samples (Figs. 1(e) and 1(f)), as 
the pore size for the DC-gel is much smaller than the pre-gel. Note 
that, the pore size of the hydrogels was tunable from more than  
10 m to less than 1 m by simply adjusting the amount of TA 
components in the hydrogel (Figs. 1(e) and 1(f)). Using different 
ratios of PhB, TA and 4armed-PEG, we could obtain hydrogels with 
varied nanoscale pore size, crosslinking density, and drug loading– 
all these factors are important for drug delivery.  

Next, we carried out extensive mechanical tests of the DC-gels 
prepared in solutions containing different TA concentrations. Uniaxial 
compression test showed that the Young’s modulus of the DC-gels 
was enhanced with the increase of TA contents, confirming the 
crucial role of the dynamic covalent boronate ester bonds to the 
overall mechanical strength. The break strength increased from   
~ 12 kPa for the pre-gels without TA to ~ 72 kPa for the DC-gels 
after immersing in PBS containing 0.5 mg·mL−1 of TA (Fig. 2(a)). In 
addition, the toughness was also improved from ~ 3.0 kJ·m−3 to more 
than 13.0 kJ·m−3 at the optimal conditions (Fig. 2(b)). Moreover, the 
properties of energy dissipation were also investigated systematically.  

 
Figure 1 Schematic diagram of the dual-crosslinked hydrogel-based drug 
delivery system. (a) Synthetic process of phenyl-boronic-methacrylic-hyaluronic 
acid (PhB-mHA). (b) Schematic illustration of a modular DC-gel network composed 
of dynamic covalent interactions (blue polygon) and permanent covalent crosslinking 
(red diamond). (c) Optical image of the pre-gel (top) and the DC-gel (bottom) 
under different compressive conditions. (d) G’ and G” values of the pre-gel and 
the DC-gel at different frequencies at room-temperature (1% strain). (e) SEM 
image of the pre-gel. (f) SEM image of the DC-gel. Scale bar: 10 m. 

 
Figure 2 Mechanical properties of the DC-gels. (a) Uniaxial compressive 
stress-strain curve of different DC-gels. (b)Young’s modulus and fracture energy 
for different DC-gels calculated from the uniaxial compressive stress-strain curves. 
(c) Uniaxial compression-relaxation cycles to a final strain of 70% for different 
DC-gels. (d) Dissipated energy for different DC-gels calculated from the uniaxial 
compression-relaxation cycles to a final strain of 70% curves. 

Without TA, negligible hysteresis was shown between compression 
and relaxation traces indicating that there was no significant energy 
dissipation when only presence of permanent covalent network in 
the hydrogel (Fig. 2(c)). However, when TA was added to the system 
to establish the dynamic covalent cross-linking between boronic-acid 
and catechol, the hysteresis in the compression-relaxation cycles 
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was greatly increased. As shown in Fig. 2(d), with the increase of 
TA concentrations from 0 to 1 mg·mL−1, the dissipated energy raised 
about seven times indicating the rupture of the dynamic covalent 
bonds by mechanical force. It is worth noting that mechanical force 
from the deformation of the hydrogel network cannot fully rupture 
all boronate ester bonds formed between TA and the polymer 
network. Once only a single boronate ester bond is remaining, 
force cannot transduce to the bond anymore (Fig. S4 in the ESM). 
Therefore, even the hydrogel was compressed to a strain of 60% 
for 10 h, no observable leakage of TA was observed (Fig. 3(a)). 
Nonetheless, these results confirmed great mechanical stability of 
the DC-gels and low basal leakage of drug under mechanical load, 
demonstrating its great potential to function in mechanically stressful 
environment for controlled drug release upon external mechanical 
stimuli. 

Next, we tested whether ultrasound can be used as an external 
mechanical stimulus to trigger the release of TA from the DC-gels. 
Ultrasound provides solvodynamic shear force to the bonds between 
TA and the polymer network and in principle can release all boronate 
ester bonds. As shown in Fig. 3(a), the basal release of TA from the 
DC-gel was only ~ 2% over 10 hours. Such low spontaneous release 
rate can be attributed to the covalent link between drug and hydrogel 
network. The release rate is almost constant, which is distinct from 
typical diffusion-controlled release of non-covalently loaded drugs in 
the nano-network of hydrogel-based DDS. Based on this measurement, 
the drug cannot be fully released from the DC-gel in a period of a 
few months if no external mechanical force was applied. However, 
when treating with ultrasound every hour for 5, 10, and 20 min, we 
observed significantly enhanced release of TA (Fig. 3(b)). The 
longer the ultrasound time, the faster the release of TA. Moreover, 
TA typically showed a burst release immediately upon ultrasound 
treatment, suggesting that release of TA was originated from the 
dynamic breakage instead of permanent damage of the hydrogel 
network. These experiments suggested that the DC-gels can indeed 
be used for the treatment of chronic diseases, which requires 
long-term control of drug release.  

Inflammation was associated with many chronic diseases, including 
rheumatic arthritis (RA), systemic lupus erythematosus (SLE), and 
progressive systemic sclerosis (PSS) [45]. To evaluate whether the 

 
Figure 3 Drug release profiles of the DC-gels in PBS buffer at room temperature. 
(a) Profiles under constant compressive strain of 60% and zero strain (free release). 
(b) Profiles under ultrasound pulse of different time duration (0, 5, 10, and 20 min, 
respectively). Error bars correspond to S.E.M. 

 release of TA from the DC-gels by ultrasound can indeed suppress 
inflammation, we developed a minimal in vitro system based on  
the mouse macrophage cell, RAW 264.7 (Fig. 4(a)). Ultrasound 
treatments and the presence of the DC-gels did not affect the 
viability of RAW 264.7 (Figs. S5 and S6 in the ESM). The initiation 
of inflammation response of RAW 264.7 was triggered by treating 
with 200 ng·mL−1 of lipopolysaccharide (LPS). The release of the 
cytokine, IL-6 and TNF-α directly indicated the inflammation 
activation of RAW 264.7 cells. The amount of TNF-α and IL-6 reached 
the peak value at the time point of 12 and 24 h after treatment, 
respectively (Fig. S7 in the ESM). For convenience, the concentration 
of TNF-α at the time point of 12 h was chosen as an indicator of the 
inflammation level. Then, the RAW 264.7 cells stimulated by LPS 
were treated by exposing to the DC-gels and applying 10 ultrasound 
cycles (the DC-gel group). For comparison, the cells without LPS 
treatment (the UT group), with LPS treatment but in the absence 
of any hydrogels (the LPS group), and with LPS treatment in the 
presence of the pre-gel (the pre-gel group) were also studied. Clearly, 
after the ultrasound triggered release of TA from the DC-gels, the 
concentration of TNF-α reduced to the same level as the UT group, 
suggesting the efficient suppression of inflammation response of 
macrophage cells (Fig. 4(b)). Note that, without ultrasound triggered 
release of TA, the DC-gel alone cannot reduce TNF-α secretion  
(Fig. 4(b)). These results clearly indicate the potential use of the 
DC-gels for the treatment of many chronic autoimmune diseases 
associated with uncontrolled inflammation.  

3 Conclusion 
In summary, we have designed a dual-crosslinked hydrogel with 
boronate ester bonds between tannic acid and phenyl boronic acid 
as the dynamic crosslinkers. Thanks to the novel hydrogel network 
structure, the hydrogels are mechanically strong and do not respond 
to mechanical forces transduced through the deformation of the 
hydrogel network. However, such hydrogels can still respond to 
external mechanical stimuli applied through ultrasound. The release 
of tannic acid can be triggered non-evasively and on-demand. The 
concept of using the dual-crosslinked hydrogels for decoupling 
endogenous mechanical force from physiological activity to external   

 
Figure 4 Tannic acid released from the DC-gels by ultrasound suppresses 
TNF-α secretion from RAW 264.7 cells with LPS stimulation. (a) Schematic 
diagram of the design of the in vitro experiments. (b) The amount of TNF-α 
released from mouse macrophage. The amount of TNF-α secretion from RAW 
264.7 cells treated with 200 ng·mL–1 of LPS (green column) was up-regulated about 
2.3 fold, compared to un-treated (UT) cells (gray column). The treatment of ten 
ultrasound cycles suppressed TNF-α secretion in stimulated RAW 264.7 cells in 
the presence of the DC-gels (orange column), while no change in the pre-gel group 
was observed (blue column). 
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mechanical signals represents an important step towards the clinic 
application of external mechanical force triggered drug delivery for 
complicated diseases. The proof-of-concept experiments show great 
potential of this system for the treatment of uncontrolled inflammation 
of many chronic autoimmune diseases.  

4 Experimental 

4.1 Mechanical measurements 

The hydrogels were carefully transferred to the rheometer plate of 
the Thermo Scientific Haake Rheostress 6,000 and equilibrated for 
at least 10 min prior to the measurement. The rheology experiments 
were then carried out using a frequency-sweep mode with frequency 
of 1–100 rad·s−1 at 0.1% strain (geometry: 1/20 mm of cone and plate; 
gap: 0.05 mm; temperature: 20 C).  

4.2 Scanning electron microscope 

SEM images of the nanostructure of the hydrogels were taken using 
a Quanta Scanning Electron Microscope (Quata 200, FEI) at 20 kV. 
The hydrogels were lyophilized prior to the measurement. 

4.3 Compressive test 

The compressive stress-strain measurements were performed using 
a tensile-compressive tester (Instron-5944 with a 2 kN sensor) in the 
air. In compression-fracture test, the rate of compression was kept 
constant as 2% s−1 with respect to the original height of the hydrogel, 
roughly in a range of 8–12 mm·min−1. In the compression-relaxation 
cycle test, the rate of compression was kept constant as 4% s−1 with 
respect to the original height of the hydrogel, roughly in a range of 
16–24 mm·min−1. The stress () was calculated as the compression 
force divided by the cross-section area based on Eq. (1), in which F 
is the compression force, A0 is the original cross-section area of the 
gels and ε is the strain. The Ef  was calculated by the integration of 
the area below the compression stress-strain curves until fracture 
point according to the Eq. (2), in which 0ε  and fε  correspond to the 
starting strain and the fracture strain of the compression, respectively. 
The dissipated energy (Ed) was a parameter used to characterize the 
capacity of hydrogels to dissipate energy and it was calculated by 
the integration of the area below the compression-relaxation cycles 
to a final strain of 70% for different DC-gels according to the Eq. (3), 
in which 0%ε  and 70%ε  correspond to the 0% strain and the 70% 
strain of the compression, respectively. In the Eq. (3), the c( )σ ε  was 
the compression stress-strain curves and the r ( )σ ε  was the relaxation 
stress-strain curves. In addition, the compression Young’s moduli 
were the approximate linear fitting values of the stress-strain curves 
in the strain range of ~ 5%–20%. 

0
( ) (1 )Fσ ε ε

A
= -                    (1) 

f

0
f ( )d

ε

ε
E σ ε ε= ò                    (2) 

70% 70%

0% 0%
cd r (( ))d d

ε ε

ε ε
E ε ε ε εσ σ= -ò ò              (3) 

4.4 Drug release in vitro under different compressive strain 

To qualitatively assess tannic acid release from the DC-gels, the 
DC-gels (approximately 0.8 mL per gel, n = 2) were immersed in 
PBS buffer (pH = 7.4, 20 mL) at room temperature. The gels were 
treated with different compressive strain (0% and 60%) and then 
the concentration of the tannic acid in the PBS was measured by 
UV-Vis (Nanodrop 2000 spectrophotometer, Thermo Scientific) at 
designated time intervals (1 h) for 10 h. The UV absorption values 
at 276 nm were used to quantify the releasing of tannic acid, and 

the concentrations(ct) were calculated from the calibration curve 
(Fig. S8 in the ESM). The percentage of release (p(t)) at different 
time points was calculated from Eq. (4), in which the c1, c2, and c3 
were the parameters measured in the preparation process of the 
DC-gels. 

1 2 3

2( ) 100(%)
5

tcp t
c c c

= ´ ´
- -

          (4) 

4.5 Drug release in vitro after different ultrasound time 

To qualitatively assess tannic acid release from the DC-gels, the 
DC-gels (approximately 0.8 mL per gel, n = 4) were immersed in 
PBS buffer (pH = 7.4, 20 mL) at room temperature. The gels were 
treated with a bench-top ultrasound (SHUMEI, KQ3200DV, 150W) 
for different time (0, 5, 10 and 20 min, respectively) and then the 
concentration of the tannic acid in the PBS was measured by a 
UV-Vis (Nanodrop 2000 spectrophotometer, Thermo Scientific) at 
designated time intervals (1 h) right before and after ultrasound 
treatment in a period of 10 h. The UV absorption values at 276 nm 
were used to calculate the concentrations(ct) of the released tannic 
acid based on the calibration curve (Fig. S8 in the ESM). The release 
percentage of release (p(t)) at different time points was calculated 
from Eq. (4). 

4.6 Cell culture and LPS treatment 

Mouse macrophage cell line RAW 264.7, a gift from Prof. Yiqiao 
Hu, Nanjing University, was cultured in DMEM culture medium 
supplemented with with 10% FBS (Gibco, MA, USA), 100 U·mL−1 
penicillin, and 100 μg·mL−1 streptomycin sulfate (Hyclone, USA). The 
cultivation was performed at 37 °C under a humidified atmosphere 
of 5% CO2. 

RAW 264.7 macrophage cells (2.5 × 104 cells per well in a 96-well 
plate) were incubated with or without 200 ng·mL−1 of LPS 
(Lipopolysaccharides from Escherichia coli O127:B8, Sigma, Germany). 
The supernatant in the cell cultivation wells was collected at different 
time points for subsequent cytokine analysis. 

4.7 Cell viability and inflammatory tests 

For the viability of cells at different time points of various treatments, 
the cell viability was determined by Cell Counting Kit-8, according 
to the manufacturer’s instructions (Dojindo Laboratories, China). 

The relative cell viability is calculated by Eq. (5). 
Relative cell viability = [(mean cell viability determined in sample)/ 
(mean cell viability determined in control)] × 100          (5) 

Cell-free supernatants were collected at different time points and 
stored at −20 °C until determination. The concentrations of TNF-α, 
IL-6 and IL-1β in the supernatants of RAW 264.7 cell cultures were 
determined using an ELISA kit, according to the manufacturer’s 
instructions (Beyotime, China). 

4.8 Statistical analysis 

Statistical significance was determined using one-way analysis of 
variance (ANOVA) followed by t test. Statistical significance was set 
to a P value < 0.05. 
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