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Mimicking	  biological	  phenomena	  in	  hydrogel-‐based	  biomaterials	  to	  promote	  
dynamic	  cellular	  responses	  

	  
Nicholas	  P.	  Murphy	  and	  Kyle	  J.	  Lampe	  

	  
Introduction	  
	  
	   The	  extracellular	  matrix	  (ECM)	  was	  long	  thought	  of	  as	  simply	  an	  inert	  
structural	  support	  inside	  of	  which	  cells	  self-‐regulate	  their	  activity.	  Prior	  to	  1980,	  the	  
field	  of	  cell	  biology	  had	  accepted	  that	  cells	  alone	  contain	  all	  of	  the	  inherent	  
biological	  phenomena	  sufficient	  to	  create	  mature	  tissues1.	  The	  recognition	  of	  
integrins	  in	  1987	  as	  prominent	  cell	  adhesion	  molecules2	  sparked	  the	  study	  and	  
discovery	  of	  many	  other	  cell	  adhesion	  molecules3-‐5	  forever	  altering	  the	  consensus	  
view	  of	  the	  ECM.	  These	  linkages	  between	  cells	  and	  their	  ECM	  promote	  adhesion,	  
transduce	  mechanical	  force,	  and	  initiate	  signals	  both	  from	  the	  cell	  to	  the	  ECM,	  such	  
as	  secreted	  proteases	  and	  mechanical	  stretching	  of	  ECM	  proteins,	  and	  from	  the	  ECM	  
to	  the	  cell,	  such	  as	  released	  growth	  factors	  and	  countering	  forces	  via	  cytoskeletal	  
reorganization.	  The	  importance	  of	  ECM	  on	  cell	  viability	  and	  activity	  is	  evident	  in	  a	  
recent	  review	  that	  summarized	  ECM	  reorganization	  and	  loss	  of	  function1.	  As	  one	  
example,	  the	  loss	  of	  fibronectin	  is	  lethal	  to	  the	  developing	  embryo,	  partially	  due	  to	  
insufficient	  morphogenesis	  during	  defects	  in	  neural	  tube	  formation.	  We	  now	  know	  
that	  the	  ECM	  is	  not	  present	  to	  simply	  hold	  cells	  in	  place,	  an	  unchanging	  background	  
in	  which	  cells	  simply	  exist.	  It	  is	  an	  active,	  temporally	  and	  spatially	  organized,	  
environmental	  template	  that	  continuously	  influences	  and	  responds	  to	  the	  
embedded	  cells.	  Furthermore,	  the	  ECM’s	  bioactivity	  does	  not	  just	  come	  from	  the	  
sequestered	  signaling	  molecules	  such	  as	  soluble	  growth	  factors.	  It	  is	  in	  and	  of	  itself	  a	  
potent	  signaling	  molecule.	  	  
	   	  A	  classic	  example	  of	  ECM	  bioactivity	  is	  seen	  in	  the	  provisional	  wound	  matrix	  
of	  the	  wound	  healing	  response.	  The	  provisional	  wound	  matrix	  acts	  to	  trap	  growth	  
factors	  that	  guide	  regenerative	  cells	  to	  the	  site	  of	  injury	  and	  to	  stimulate	  the	  cells	  to	  
transition	  into	  regenerative	  phenotypes	  undergoing	  proliferation,	  differentiation,	  
and/or	  synthesis	  and	  deposition	  of	  new	  matrix.	  The	  provisional	  matrix	  is	  an	  
insoluble	  fibrin	  clot	  initiated	  by	  thrombin	  cleaving	  fibrinogen.	  Growth	  factors	  
secreted	  by	  platelets	  including	  platelet-‐derived	  growth	  factor	  (PDGF),	  transforming	  
growth	  factor	  beta	  (TGF-‐β),	  and	  fibroblast	  growth	  factor	  (FGF)	  are	  sequestered	  in	  
the	  matrix,	  and	  act	  as	  chemotactic	  cues	  to	  promote	  fibroblast	  infiltration6.	  
Fibroblasts	  then	  modify	  their	  integrin	  receptors,	  generating	  a	  phenotypic	  change	  
from	  migrating	  fibroblasts	  to	  proliferating,	  regenerative	  fibroblasts.	  The	  change	  in	  
fibroblast	  integrin	  receptor	  profile	  as	  well	  as	  the	  ability	  for	  fibroblasts	  to	  migrate	  
through	  the	  matrix	  is	  dependent	  on	  the	  presence	  of	  fibrin7.	  Aside	  from	  depositing	  
new	  ECM	  molecules,	  the	  cells	  secrete	  matrix	  metalloproteinases	  (MMPs)	  to	  
specifically	  remove	  injury-‐degraded	  ECM	  molecules,	  while	  MMP-‐inhibitory	  tissue	  
inhibitors	  of	  metalloproteinases	  (TIMPs)	  are	  simultaneously	  secreted	  to	  ensure	  that	  
functional	  ECM	  molecules	  are	  not	  degraded.	  This	  elegant	  cell-‐ECM	  control	  loop	  
serves	  to	  clearly	  show	  the	  importance	  of	  the	  ECM	  in	  its	  stimulation	  of	  cell	  activity.	  
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	   Mechanical	  and	  biochemical	  facets	  from	  the	  native	  ECM	  can	  be	  incorporated	  
into	  user-‐defined	  hydrogel	  materials	  to	  stimulate	  cells	  with	  an	  environment	  
conducive	  to	  a	  given	  regenerative	  application.	  	  Some	  of	  the	  earliest	  examples	  of	  this	  
biological	  incorporation	  are	  grafting	  full	  enzymes	  onto	  a	  polymer	  membrane8	  and	  
crosslinking	  a	  synthetic	  polymeric	  material	  with	  protease-‐cleavable	  polypeptides	  
such	  as	  poly(2-‐hydroxyethyl-‐L-‐glutamine)9.	  As	  discussed	  later,	  hydrogels	  can	  be	  
made	  completely	  from	  native	  ECM	  molecules	  to	  impart	  bioactivity	  through	  already	  
present	  adhesion	  domains	  and	  protease	  cleavable	  sites.	  To	  promote	  a	  desired	  
cellular	  response,	  researchers	  often	  pursue	  more	  controllable	  materials	  where	  they	  
can	  independently	  tune	  variables	  such	  as	  material	  stiffness	  and	  biochemical	  ligand	  
presentation.	  The	  seminal	  work	  of	  Discher	  and	  coworkers	  suggested	  that	  stem	  cell	  
fate	  is	  a	  direct	  result	  of	  the	  substrate	  stiffness.	  Differences	  in	  polyacrylamide	  (PA)	  
substrate	  stiffness	  led	  to	  completely	  altered	  gene	  expression	  profiles	  in	  
mesenchymal	  stem	  cells	  (MSCs),	  with	  neurogenic	  differentiation	  selected	  at	  low	  
stiffness,	  myogenic	  differentiation	  selected	  at	  medium	  stiffness,	  and	  osteogenic	  
differentiation	  selected	  at	  high	  stiffness10.	  This	  result	  may	  in	  part	  be	  due	  to	  the	  
manner	  in	  which	  ECM	  proteins	  were	  tethered	  to	  the	  substrate	  surface,	  as	  stiffness-‐
dependent	  cell	  fate	  was	  later	  shown	  to	  be	  at	  least	  partly	  a	  result	  of	  lower	  density	  of	  
ECM	  docking	  sites	  as	  substrate	  stiffness	  decreases	  (and	  porosity	  increases)11.	  More	  
recent	  work	  found	  that	  MSC	  fate	  is	  a	  product	  of	  substrate	  stiffness	  alone	  and	  not	  
ECM	  protein	  tethering12.	  	  

In	  addition	  to	  human	  MSCs	  (hMSCs)	  which	  can	  differentiate	  into	  many	  tissue	  
types,	  the	  fates	  of	  hematopoietic	  stem	  cells	  (HSCs)13	  and	  neural	  stem	  cells	  (NSCs)14,	  
15	  are	  confined	  to	  blood	  cell	  types	  and	  neural	  cell	  types,	  respectively.	  These	  “tissue-‐
specific”	  stem	  cells	  maintain	  activity	  when	  surrounded	  by	  matrices	  having	  
mechanical	  properties	  similar	  to	  their	  native	  tissue.	  The	  viability	  and	  neuronal	  
differentiation	  of	  NSCs	  encapsulated	  within	  3D	  hydrogels	  has	  been	  shown	  to	  be	  
maximized	  at	  moduli	  mimicking	  native	  brain	  tissue16-‐18.	  Matrix	  dimensionality	  is	  
also	  a	  critical	  variable	  for	  cell	  survival	  and	  activity,	  as	  sensory	  neurons	  display	  
native	  morphological	  phenotypes	  on	  3D	  matrices,	  but	  not	  on	  2D	  matrices19.	  3D	  
environments	  are	  also	  sufficient	  for	  matrix	  deposition20	  while	  2D	  environments	  are	  
not21.	  Similarly,	  Lampe	  and	  coworkers	  found	  that	  the	  neurite	  outgrowth	  of	  dorsal	  
root	  ganglion	  neurons	  (DRGs)	  in	  3D	  is	  maximized	  at	  moduli	  similar	  to	  their	  native	  
environment	  (~0.5	  kPa)	  while	  higher	  moduli	  are	  increasingly	  inhibitory	  to	  neurite	  
outgrowth	  and	  viability	  (Figure	  1A).	  Incorporation	  of	  the	  arginine-‐glycine-‐aspartate	  
(RGD)	  adhesion	  motif	  from	  fibronectin	  into	  the	  scaffold	  similarly	  stimulated	  
enhanced	  neurite	  outgrowth	  (Figure	  1B).	  RGD	  incorporation	  provided	  encapsulated	  
cells	  with	  a	  direct	  way	  to	  sense	  and	  respond	  to	  the	  mechanical	  properties	  of	  their	  
surrounding	  matrix	  designed	  for	  the	  application	  of	  regenerating	  neural	  tissue22.	  	  
	   Acting	  as	  a	  set	  of	  tissue-‐specific	  dynamic	  microenvironments,	  the	  native	  ECM	  
is	  invariably	  undergoing	  cell-‐mediated	  reconstruction	  through	  matrix	  deposition	  
and	  degradation.	  As	  cells	  develop,	  bioactive	  ECM	  domains	  are	  temporally	  presented	  
to	  cells	  both	  statically	  or	  dynamically.	  Mechanical	  properties	  of	  the	  ECM,	  such	  as	  
stiffness	  and	  porosity,	  also	  change	  over	  time	  as	  cells	  develop.	  Biological	  factors	  such	  
as	  growth	  factors	  or	  signaling	  molecules	  are	  released	  by	  cellular	  demand	  from	  the	  
ECM.	  Soluble	  biomolecules	  are	  also	  secreted	  and	  degraded	  by	  cells,	  and	  can	  in	  some	  
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cases	  bind	  to	  the	  ECM	  itself	  via	  fibronectin,	  as	  one	  example23.	  The	  inherent	  
complexity	  of	  the	  native	  ECM	  provides	  a	  challenge	  in	  fabricating	  an	  ideal,	  completely	  
bio-‐mimetic	  hydrogel	  material	  for	  cell	  culture	  and	  tissue	  regeneration.	  However,	  
synthetic	  materials	  have	  been	  used	  to	  provide	  a	  template	  to	  introduce	  specific	  ECM	  
moieties	  in	  order	  to	  determine	  individual	  or	  combinatory	  contributions.	  Partially	  
synthetic	  materials	  are	  ideal	  for	  fabricating	  cell-‐responsive	  materials	  because	  all	  of	  
the	  bioactivity	  can	  be	  user-‐defined	  and	  tuned	  as	  needed.	  We	  describe	  here	  efforts	  in	  
which	  hydrogel	  materials	  were	  imparted	  with	  discrete	  bio-‐mimetic	  functionalities	  
such	  as	  dynamic	  stiffening,	  growth	  factor	  presentation,	  and	  cell-‐mediated	  
degradation	  to	  stimulate	  encapsulated	  cells	  to	  differentiate,	  proliferate,	  or	  stretch.	  
Before	  hydrogel	  materials	  are	  introduced,	  we	  provide	  a	  perspective	  on	  the	  native	  
biological	  phenomena	  that	  lays	  the	  groundwork	  for	  tissue-‐mimetic	  materials	  design.	  
	  
Biological	  framework	  for	  materials	  design	  
	  
ECM	  composition	  and	  regulation	  
	  
	   The	  ECM	  is	  a	  highly	  dynamic	  environment	  whose	  set	  of	  molecules	  act	  as	  a	  
code	  interpreted	  and	  edited	  by	  local	  cells.	  The	  ECM	  is	  a	  tapestry	  of	  different	  
molecules	  including	  fibrous	  proteins	  like	  fibronectin,	  collagens,	  laminins,	  vitronectin	  
and	  elastin;	  specialized	  proteins	  like	  growth	  factors,	  heparin,	  and	  integrin-‐binding	  
glycoproteins;	  polysaccharides	  like	  glycosaminoglycans	  (GAGs)	  and	  HA;	  and	  
proteoglycans	  like	  chondroitin	  sulfate	  proteoglycans	  (CSPGs)24.	  Different	  ECM	  
molecules	  can	  have	  varying	  effects	  on	  cellular	  processes	  such	  as	  adhesion.	  For	  
example,	  laminin	  and	  CSPGs	  play	  an	  important	  role	  in	  axon	  guidance	  as	  the	  former	  
is	  stimulatory	  to	  neurite	  migration25	  and	  the	  latter	  is	  inhibitory	  to	  neurite	  
migration26.	  CSPGs	  can	  be	  targeted	  by	  GAG-‐degrading	  chondroitinases	  to	  allow	  
neurite	  sprouting	  and	  growth	  in	  spinal	  cord	  injury27;	  this	  phenomenon	  could	  
potentially	  be	  modeled	  in	  an	  engineered	  hydrogel	  system	  (Figure	  2A).	  Besides	  
regulating	  cells,	  the	  ECM	  can	  also	  regulate	  itself.	  The	  production	  of	  one	  ECM	  
molecule	  can	  be	  up-‐	  or	  down-‐regulated	  in	  response	  to	  the	  presence	  of	  another	  ECM	  
molecule28.	  This	  mesh	  of	  molecules	  creates	  a	  matrix	  with	  a	  bulk	  stiffness	  sensed	  by	  
cells	  through	  mechanotransduction	  followed	  by	  matrix	  tension	  signaling	  to	  cells	  via	  
integrin	  linkages	  mediated	  by	  the	  Rho/Rho-‐associated	  protein	  kinase	  (ROCK)	  
signaling	  cascade,	  which	  can	  regulate	  cell	  fate	  decisions	  important	  in	  wound	  repair.	  
For	  instance,	  as	  the	  matrix	  contracts	  protein	  kinase	  B	  (Akt)	  is	  dephosphorylated,	  
converting	  a	  survival	  signal	  into	  an	  apoptotic	  signal29,	  30.	  As	  another	  example,	  
matrix-‐mediated	  changes	  in	  cell	  shape	  can	  activate	  Ras	  homolog	  gene	  family,	  
member	  A	  (RhoA)	  signaling,	  and	  can	  regulate	  osteogenic	  differentiation31.	  	  
	   The	  ECM	  can	  sequester	  and	  release	  many	  stimulatory	  factors:	  signaling	  
molecules	  like	  amphiregulin	  and	  Wnts,	  growth	  factors	  such	  as	  TGF-‐β	  and	  FGF,	  and	  
also	  cell-‐mediated	  ECM	  cleavage	  fragments.	  The	  NC1	  domain	  from	  collagen,	  a	  
degradation	  fragment,	  stimulates	  neuronal	  axon	  growth32	  (Figure	  2B).	  Cell-‐secreted	  
TGF-‐β	  interacts	  with	  latent	  TGF-‐β	  binding	  protein	  (LTBP)	  to	  form	  large	  latent	  
complexes	  (LLCs).	  TGF-‐β	  is	  released	  from	  the	  ECM	  upon	  cell	  contacts	  applying	  force	  
to	  the	  ECM,	  uncoupling	  the	  LLCs33.	  In	  this	  way,	  TGF-‐β	  signaling	  can	  be	  tuned	  by	  the	  
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rigidity	  and	  composition	  of	  the	  ECM.	  Normal	  and	  disease-‐state	  remodeling	  of	  the	  
ECM	  by	  cellular	  degradation	  can	  also	  affect	  cell	  morphology	  and	  movement.	  This	  
often	  takes	  place	  through	  MMPs	  that	  can	  cleave	  ECM	  proteins,	  thereby	  reducing	  the	  
crosslinking	  density	  of	  the	  matrix	  (and	  therefore	  changing	  the	  stiffness	  which	  has	  
impact	  previously	  discussed)	  and	  potentially	  opening	  “highways”	  for	  cell	  migration.	  
For	  example,	  osteoblast-‐secreted	  MMP-‐9	  releases	  Kit	  Ligand	  from	  the	  matrix,	  which	  
interacts	  with	  the	  Kit	  tyrosine	  kinase	  receptor	  on	  hematopoietic	  stem	  cells	  (HSCs),	  
creating	  a	  signal	  triggering	  HSC	  locomotion34.	  
	  
Cellular	  adhesion	  and	  migration	  
	  
	   The	  ECM	  can	  act	  as	  a	  docking	  site	  for	  cell	  adherence	  and	  migration	  via	  
adhesion	  receptor	  binding	  and	  unbinding,	  providing	  an	  additional	  means	  to	  signal	  
to	  encapsulated	  cells.	  All	  cellular	  adhesions	  involve	  cell	  surface	  receptors	  like	  
integrins,	  selectins	  and	  cadherins,	  and	  interactions	  with	  the	  actin	  cytoskeleton.	  
Integrins	  are	  transmembrane	  receptors	  for	  ECM	  molecules	  and	  are	  critical	  for	  cell-‐
matrix	  adhesion.	  There	  are	  three	  main	  classes	  of	  adhesions:	  (1)	  focal	  adhesions35,	  
(2)	  focal	  complexes36,	  and	  (3)	  fibrillar	  adhesions37.	  Focal	  adhesions,	  flat	  structures	  
that	  are	  regulated	  by	  RhoA	  and	  actomyosin	  contractility,	  involve	  anchoring	  of	  actin	  
microfilaments	  that	  mediates	  strong	  adhesion	  to	  the	  matrix.	  Focal	  complexes,	  dot-‐
like	  precursors	  to	  focal	  adhesions,	  are	  induced	  by	  the	  Rho-‐family	  GTPase	  Rac.	  
Fibrillar	  adhesions	  can	  be	  long	  or	  dot-‐like	  structures,	  and	  involve	  adhesion	  via	  ECM	  
fibrils.	  Many	  types	  of	  molecules	  are	  involved	  in	  cellular	  adhesion,	  including	  
integrins,	  adhesive	  non-‐integrin	  molecules	  such	  as	  syndecan-‐4	  and	  urokinase	  
receptor	  (uPAR),	  and	  integrin-‐actin	  linkers	  such	  as	  focal	  adhesion	  kinase	  (FAK),	  
down-‐regulated	  in	  rhabdomyosarcoma	  LIM	  protein	  (DRAL),	  and	  integrin-‐linked	  
kinase	  (ILK).	  Cell	  adhesion	  is	  a	  product	  of	  probing	  for	  mechanical	  forces.	  Once	  
attached,	  focal	  adhesions	  provide	  a	  means	  to	  exert	  countering	  forces	  onto	  the	  
matrix38.	  There	  are	  many	  biochemical	  ways	  for	  cells	  to	  respond	  to	  mechanical	  
stimuli	  including	  cell	  adhesion	  receptors,	  stretch-‐activated	  ion	  channels39	  and	  
mechanically	  gated	  ion	  channels40.	  
	   The	  ECM	  is	  not	  just	  a	  structural	  scaffold	  but	  also	  a	  bioactive	  director.	  As	  
already	  discussed,	  the	  fibronectin-‐derived	  RGD	  sequence	  promotes	  cell	  adhesion	  
and	  is	  responsible	  for	  mediating	  fibronectin	  fibrillogenesis.	  In	  the	  context	  of	  native	  
ECM,	  this	  can	  lead	  to	  fibroblast	  stimulation	  and	  myofibroblast	  and	  macrophage	  
migration	  into	  a	  wound	  site	  covered	  topically	  with	  adhesion-‐site-‐rich	  fibronectin.	  
On	  the	  opposite	  end	  of	  the	  spectrum	  when	  fibronectin	  is	  knocked-‐down,	  myocardial	  
precursor	  migration	  is	  completely	  eliminated	  leading	  to	  cardia	  bifida41.	  In	  another	  
example	  of	  ECM	  activity	  fibrillar	  collagen	  can	  ligate	  and	  physophorylate	  mammary	  
gland	  receptor	  tyrosine	  kinases42.	  Covalent	  modifications	  can	  be	  made	  to	  the	  ECM	  
by	  cell-‐secreted	  molecules	  such	  as	  growth	  factors	  that	  bind	  to	  heparin43	  and	  
through	  biological	  crosslinking	  via	  the	  transglutaminase	  factor	  XIIIa44.	  When	  ECM	  
makeup	  is	  heterogeneous,	  gradients	  in	  ECM	  composition	  can	  lead	  to	  gradients	  in	  cell	  
locomotion	  velocity.	  	  For	  example,	  neural	  crest	  cells	  will	  migrate	  significantly	  faster	  
on	  versican-‐containing	  matrix	  than	  aggrecan-‐containing	  matrix45.	  In	  some	  cases,	  as	  
in	  epiblastic	  cell	  movement	  during	  primitive	  streak	  formation,	  cells	  can	  ‘carry’	  their	  
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ECM	  along	  their	  migration46.	  Thus,	  the	  ECM	  is	  not	  set	  in	  its	  location	  as	  it	  is	  also	  not	  
set	  in	  its	  composition	  and	  mechanical	  properties.	  
	  
Cryptic	  domains	  and	  ECM	  remodeling	  
	  
	   One	  way	  for	  cells	  to	  remodel	  their	  environment	  is	  to	  mechanically	  alter	  their	  
local	  matrix.	  Fibronectin	  fibrillogenesis	  is	  an	  important	  integrin-‐mediated	  
phenomenon	  that	  involves	  soluble	  fibronectin	  components	  transitioning	  to	  
insoluble	  fibrillar	  fibronectin	  (Figure	  2C).	  Fibronectin	  can	  initiate	  its	  own	  
multimerization,	  but	  the	  respective	  domains	  are	  “cryptic”	  such	  that	  they	  are	  hidden	  
in	  fibronectin’s	  stable,	  globular	  state	  mostly	  within	  its	  FNIII	  domains38.	  Cryptic	  sites	  
can	  be	  unearthed	  by	  either	  mechanical	  stretching47	  or	  proteolytic	  cleavage48.	  
Simulations	  have	  led	  to	  predictions	  of	  a	  ‘multimerization	  sequence’	  and	  
experimental	  work	  has	  distilled	  these	  predictions	  to	  a	  seven-‐amino-‐acid	  sequence	  
sufficient	  to	  induce	  multimerization.	  The	  proposed	  multimerization	  sequence,	  
termed	  ‘CPB’	  and	  having	  the	  primary	  structure	  SLLISWD,	  was	  experimentally	  shown	  
to	  be	  cryptic	  and	  to	  interact	  with	  fibronectin	  in	  a	  manner	  that	  exposes	  other	  cryptic	  
hydrophobic	  domains49.	  As	  important	  domains	  involved	  in	  fibronectin	  
fibrillogenesis	  are	  now	  known,	  it	  is	  possible	  for	  biomaterials	  engineers	  to	  begin	  
thinking	  about	  how	  to	  controllably	  induce	  fibril	  formation	  of	  native	  or	  engineered	  
ECM	  via	  cell	  stretching.	  Aside	  from	  associating	  with	  itself,	  fibronectin	  interacts	  with	  
other	  ECM	  molecules	  including	  tenascin50,	  CSPGs51,	  heparin52	  and	  hyaluronic	  acid52.	  
Fibronectin-‐ECM	  interactions	  can	  be	  both	  inhibitory53	  and	  stimulatory54	  to	  cell-‐ECM	  
adhesion.	  
	   Before	  fibrillogenesis,	  secreted	  fibronectin	  must	  be	  unfolded	  in	  order	  for	  it	  to	  
polymerize.	  The	  actin	  cytoskeleton	  and	  signaling	  effectors	  are	  essential	  for	  this	  
process24.	  Fibronectin	  fibrillogenesis	  is	  tightly	  regulated	  in	  native	  environments;	  
this	  regulation	  seems	  to	  be	  lost	  in	  diseased	  environments.	  Tumor	  cells	  give	  rise	  to	  
extra-‐stiff	  ECM,	  and	  this	  is	  partly	  due	  to	  increased	  unfolding	  of	  fibronectin55.	  
Fibronectin	  fibrillogenesis	  is	  not	  only	  a	  product	  of	  cellular	  forces,	  but	  can	  also	  result	  
from	  cell-‐independent	  mechanical	  forces	  and	  thus	  from	  the	  surrounding	  matrix.	  
Fibronectin	  can	  stretch	  and	  subsequently	  multimerize	  on	  different	  materials.	  Garcia	  
and	  coworkers	  showed	  that	  soluble	  fibronectin	  can	  spontaneously	  form	  fibrils	  on	  a	  
poly(ethyl	  acrylate)	  substrate	  but	  not	  on	  a	  poly(methyl	  acrylate)	  substrate,	  with	  
myogenic	  differentiation	  of	  murine	  C2C12	  myoblasts	  enhanced	  on	  the	  former	  
material56.	  Biomaterials	  engineers	  may	  thus	  design	  matrices	  that	  utilize	  cell-‐	  or	  
matrix-‐derived	  mechanical	  forces	  to	  control	  matrix	  fibril	  formation.	  
	   The	  length	  scales	  and	  heterogeneity	  of	  fibronectin	  remodeling	  limits	  the	  use	  
of	  high-‐resolution	  fluorescent	  microscopy	  to	  2D	  surfaces.	  To	  combat	  the	  length	  scale	  
and	  time	  scale	  challenges	  of	  monitoring	  fibronectin	  remodeling,	  the	  Vogel	  group	  
developed	  microfabricated	  tissue	  gauges	  (µTUGs)	  that	  can	  be	  combined	  with	  
fluorescence	  resonance	  energy	  transfer	  (FRET)	  to	  observe	  high	  resolution	  3D	  
remodeling	  of	  user-‐supplied,	  cell-‐assembled	  fibronectin	  onto	  a	  polymerized	  
collagen	  scaffold.	  Collagen-‐colocalized	  multimerized	  fibronectin	  was	  observed	  to	  be	  
compact	  and	  progressively	  unfolded,	  with	  bidirectional	  strain	  gradients	  appearing.	  
The	  role	  of	  fibronectin	  seems	  to	  change	  with	  time	  of	  incorporation	  into	  the	  scaffold.	  
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Fibronectin	  that	  is	  incorporated	  early	  into	  the	  matrix	  is	  mostly	  compact	  and	  acts	  to	  
stabilize	  the	  initial	  structure,	  while	  fibronectin	  assembled	  later	  are	  stretched	  by	  
cells	  and	  multimerized	  (Figure	  3A)	  corresponding	  to	  increased	  matrix	  tension	  
(Figure	  3B)57.	  Information	  about	  the	  spatio-‐temporal	  remodeling	  of	  ECM	  proteins	  
can	  help	  with	  design	  of	  in	  vivo	  injury	  interventions	  or	  biomaterial	  implantations	  
where	  force-‐mediated	  remodeling	  is	  a	  critical	  design	  feature.	  
	  
Hydrogels	  as	  tissue-‐like	  biomaterials	  
	  
	   Native	  tissue	  is	  characterized	  by	  high	  water	  content,	  and	  therefore	  hydrogels	  
composed	  of	  hydrophilic	  polymers,	  synthetic	  or	  natural,	  present	  good	  models	  
conducive	  to	  transport	  of	  exogenous	  or	  cell-‐derived	  bio-‐factors.	  Purely	  synthetic	  
hydrogels	  can	  promote	  healing	  phenotypes	  such	  as	  tunable	  differentiation,	  
proliferation	  and	  migration,	  based	  off	  of	  mechanical	  properties	  alone,	  but	  it	  is	  the	  
dynamic	  marriage	  of	  mechanical	  and	  biochemical	  properties	  that	  is	  a	  hallmark	  of	  
native	  tissue,	  behavior	  now	  pursued	  in	  tissue	  engineering	  strategies.	  Biochemical	  
motifs	  such	  as	  growth	  factors,	  cytokines,	  and	  chemotactic	  gradients	  can	  be	  
incorporated	  and	  tightly	  tuned	  within	  a	  hydrogel58.	  	  
	   Here	  we	  describe	  two	  classes	  of	  therapeutic	  hydrogels:	  (1)	  purely	  natural	  
and	  (2)	  partially-‐synthetic	  materials.	  While	  synthetic	  materials	  are	  frequently	  
referred	  to	  as	  “inert”	  they	  often	  have	  specific	  bioactivity	  that	  can	  be	  beneficial59	  or	  
inhibitory60.	  Purely	  synthetic	  materials	  can	  give	  insight	  into	  natural	  phenomena	  
such	  as	  ECM-‐composition-‐dependent	  cell	  maturation.	  For	  example,	  cardiomyocytes	  
derived	  from	  human	  induced	  pluripotent	  stem	  cells	  (iPSC-‐CMs)	  exhibited	  the	  largest	  
mitochondrial	  function	  and	  intermediate	  filament	  gene	  expression	  on	  a	  4%	  PEG-‐
96%	  PCL	  material	  relative	  to	  other	  compositions61.	  Synthetic	  materials	  need	  not	  
incorporate	  cell-‐interactive	  elements	  to	  abate	  scarring	  and	  an	  engulfing	  phagocytic	  
response62,	  63,	  but	  these	  cell-‐interactive	  elements	  are	  desirable	  to	  promote	  tissue	  
regeneration	  within	  a	  hydrogel	  environment.	  
	  
Purely	  natural	  hydrogelling	  materials	  
	  
	   Materials	  derived	  from	  natural	  sources	  serve	  as	  a	  model	  that	  can	  inherently	  
mimic	  the	  native	  extracellular	  milieu.	  Cell	  culture	  studies	  incorporating	  natural	  
scaffolds	  have	  allowed	  researchers	  to	  gain	  an	  understanding	  of	  the	  complex	  action	  
of	  the	  native	  ECM.	  Purely	  natural	  materials	  have	  been	  used	  to	  deliver	  cells	  and	  as	  a	  
means	  for	  cell	  infiltration	  to	  promote	  in	  vivo	  matrix	  remodeling64.	  We	  will	  discuss	  
here	  ECM-‐derived	  materials	  that	  have	  been	  successfully	  used	  in	  a	  modified	  format	  
(i.e.,	  attachment	  of	  biomolecules).	  	  
	   Collagen	  type	  I	  is	  the	  most	  abundant	  protein	  in	  the	  majority	  of	  tissue	  
matrices	  and	  is	  widely	  used	  for	  regenerative	  purposes	  because	  it	  contains	  
numerous	  domains	  for	  adhesion	  of	  cells	  as	  well	  as	  to	  other	  ECM	  molecules	  like	  
fibronectin.	  The	  triple-‐helical	  structure	  of	  gelled	  collagen	  type	  I	  proceeds	  via	  pH-‐	  
and	  temperature-‐induced	  multimerization	  of	  a	  monomer	  solution.	  Collagen	  is	  a	  
physical	  hydrogel	  and	  mechanically	  weak	  material,	  but	  can	  be	  strengthened	  by	  
chemical	  glycation65	  or	  a	  secondary	  crosslinking	  mechanism66.	  Biomolecules	  can	  be	  
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covalently	  or	  non-‐covalently	  introduced	  into	  a	  collagen	  scaffold	  via	  natural	  
interactions43,	  collagen-‐binding	  sequences	  recombinantly	  engineered	  into	  a	  
protein67	  or	  by	  chemical	  coupling68.	  Collagen	  from	  animal	  sources	  has	  led	  to	  adverse	  
immunogenic	  reactions	  in	  vivo69,	  prompting	  the	  use	  of	  recombinantly-‐derived	  
collagen70.	  Gelatin	  is	  a	  denatured	  form	  of	  collagen	  and	  gels	  similarly	  in	  tissue	  
culture71	  or	  protein	  delivery72	  applications.	  Another	  widely	  used	  material	  for	  its	  role	  
in	  clotting	  and	  tissue	  regeneration,	  fibrin,	  is	  derived	  from	  the	  polymerization	  of	  
fibrinogen	  with	  thrombin	  and	  is	  recognized	  by	  many	  cell-‐adhesion	  receptors73	  and	  
contains	  many	  covalent	  crosslinks	  susceptible	  to	  proteases74.	  Thus,	  cell	  migration	  
through	  fibrin	  occurs	  almost	  exclusively	  via	  proteolytic	  degradation.	  Fibrin	  can	  be	  
covalently	  functionalized	  by	  crosslinking	  with	  a	  protein	  incorporating	  a	  
transglutaminase	  domain	  via	  its	  natural	  polymerizer,	  the	  transglutaminase	  factor	  
XIIIa75.	  Un-‐modified	  fibrin	  has	  been	  used	  in	  a	  rat	  model	  of	  spinal	  cord	  injury	  to	  
promote	  neural	  fiber	  and	  astrocyte	  infiltration	  into	  the	  lesion	  site76	  (Figure	  4).	  	  
	   A	  non-‐protein	  material,	  HA	  is	  an	  anionic	  linear	  glycosaminoglycan	  composed	  
of	  D-‐glucuronic	  acid	  and	  N-‐acetyl-‐D-‐glucosamine	  that	  can	  be	  produced	  by	  bacterial	  
fermentation.	  HA	  has	  been	  used	  for	  the	  repair	  of	  cartilage77,	  bone77,	  and	  vocal	  
cord78,	  as	  well	  as	  for	  angiogenesis79.	  HA	  hydrogels	  take	  in	  much	  water	  due	  to	  their	  
anionic	  character	  and	  thus	  have	  weak	  mechanical	  properties.	  However,	  direct	  
modifications	  of	  its	  functional	  groups	  with	  more	  hydrophobic	  moieties	  have	  
resulted	  in	  HA	  hydrogels	  with	  diverse	  mechanical	  properties80,	  81.	  HA	  is	  unable	  to	  
bind	  to	  integrins	  and	  is	  slowly	  degraded	  by	  the	  protease	  hyalurodinase,	  thus	  HA	  
materials	  have	  been	  modified	  with	  cell-‐adhesion	  ligands82	  and	  protease-‐cleavable	  
sequences83.	  Hydrogels	  based	  off	  of	  a	  blend	  of	  HA	  with	  methylcellulose	  termed	  
HAMC	  have	  become	  a	  novel	  means	  to	  transport	  regenerative	  retinal	  stem-‐
progenitor	  cells	  into	  the	  degenerating	  retina84.	  

Alginate,	  while	  grouped	  here	  as	  a	  natural	  material	  since	  it	  is	  extracted	  from	  
seaweed,	  is	  the	  only	  natural	  material	  in	  this	  section	  not	  natively	  present	  within	  the	  
human	  body.	  Despite	  that,	  alginate	  has	  been	  used	  in	  numerous	  clinical	  applications	  
including	  as	  a	  wound	  healing	  dressing85	  and	  as	  a	  drug86	  and	  cell87	  carrier.	  Alginate	  is	  
an	  anionic	  polysaccharide	  composed	  of	  β-‐D-‐mannuronic	  acid	  and	  α-‐L-‐gluronic	  acid	  
that	  can	  be	  crosslinked	  via	  divalent	  cations,	  typically	  Ca2+,	  Mg2+,	  or	  that	  create	  inter-‐
macromer	  bridges	  between	  the	  gluronic	  acid	  groups88.	  Alginate	  is	  regularly	  used	  to	  
create	   tunable	  viscoelastic	  hydrogels	  but	  perhaps	  due	   to	   its	   source,	  does	  not	  have	  
inherent	   biological	   activity.	   Alginate	   has	   been	   modified	   in	   a	   number	   of	   ways	  
discussed	  further	  below,	  to	  endow	  it	  with	  enhanced	  crosslinking	  and	  cell-‐interactive	  
functionality.	   Covalent	   crosslinking	   can	   also	   be	   performed	   with	   multi-‐functional	  
molecules	  such	  as	  poly(ethylene	  glycol)	   (PEG)-‐diamines	   to	   improve	  durability	  and	  
increase	  stiffness89.	  To	   incorporate	  biomolecules,	   the	  carboxylic	  groups	  of	  alginate	  
sugar	  residues	  can	  be	  crosslinked	  to	  peptides	  via	  amide	  linkages90.	  
	  
Partially	  Synthetic	  Materials	  
	  
	   Purely	  synthetic	  materials	  inherently	  do	  not	  have	  any	  specific	  bioactive	  
domains,	  but	  their	  mechanical	  properties	  are	  sufficient	  to	  promote	  biological	  
responses	  such	  as	  stiffness-‐dependent	  differentiation	  or	  as	  a	  surface	  for	  cells	  to	  
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attach,	  as	  is	  the	  case	  with	  polyornithine.	  	  Engineering	  single	  or	  multiple	  biological	  
components	  into	  a	  synthetic	  material	  can	  be	  useful	  to	  obtain	  a	  desired	  cellular	  
response	  or	  to	  understand	  the	  contributions	  of	  a	  particular	  biomolecule.	  The	  RGD	  
adhesion	  site	  from	  fibronectin	  has	  been	  widely	  used	  in	  partially	  synthetic	  materials	  
to	  allow	  cells	  to	  dock	  with	  the	  scaffold	  and	  establish	  forces	  necessary	  for	  spreading	  
and	  differentiation.	  RGD	  incorporation	  into	  an	  elastin-‐like	  polypeptide	  (ELP)	  
scaffold	  enhanced	  neurite	  outgrowth	  of	  encapsulated	  DRGs22,	  91,	  92.	   	  
	   The	  classic	  RGD	  sequence	   from	  fibronectin	   is	   the	  most	   frequently	  used,	  but	  
other	   adhesion	   sites	   from	   other	   ECM	   molecules	   have	   been	   identified	   including	  
IKLLI,	   IKVAV,	   LRE,	   PDSGR,	   and	   YIGSR93,	   94	   from	   laminin	   as	   well	   as	   DGEA	   from	  
collagen.	   IKVAV	   and	   IKLLI	   had	   the	   greatest	   effect	   on	   PEG-‐encapsulated	   β-‐cells,	  
resulting	  in	  significantly	  increased	  survival	  and	  higher	  insulin	  production	  relative	  to	  
other	  peptides95.	  There	   is	   also	   evidence	  of	   synergistic	   effects	  of	  multiple	   adhesive	  
peptides,	   such	   as	   PDGSR	   and	   YIGSR	   on	   glucose-‐stimulated	   insulin	   release95,	   RGD	  
and	   IKVAV	  on	  human	  umbilical	  vain	  endothelial	   cell	   (HUVEC)	  growth96,	  as	  well	  as	  
antagonistic	  effects	  such	  as	  RGD	  and	  YIGSR	  on	  HUVEC	  cell	  growth96	  and	  PC12	  cell	  
neurite	  extension97.	  Full-‐length	  proteins	  can	  be	  covalently	  conjugated	  into	  synthetic	  
gels	   that	   display	   appropriate	   end	   groups.	   Conjugation	   of	   laminin	   into	   a	   PEG-‐N-‐
hydroxysuccinimide	   (NHS)	   hydrogel	   resulted	   in	   increased	   neurite	   extension	   of	  
encapsulated	   DRGs98.	   For	   delivery	   applications,	   oxidized	   antibodies	   can	   be	  
covalently	   attached	   to	   a	   hydrogel	   consisting	   of	   HA	   with	   adipic	   dihydrazide	   end	  
groups99.	  
	  
Dynamic	  Materials	  

	  
	   While	  synthetic	  hydrogels	  provide	  a	  system	  in	  which	  static	  mechanical	  
properties	  are	  easily	  tuned	  and	  user-‐defined,	  mechanically	  static	  materials	  are	  likely	  
not	  the	  end-‐all	  solution	  regardless	  of	  enhancements	  by	  pendant	  biochemical	  
moieties.	  The	  heterogeneity	  within	  a	  given	  tissue	  is	  increasingly	  recognized	  in	  
current	  research	  with	  positional	  tissue	  stiffness	  gradients	  existing	  in	  mature	  
eukaryotes100.	  Analogously,	  there	  also	  exist	  gradients	  with	  respect	  to	  both	  space	  and	  
time	  in	  eukarotic	  tissue.	  For	  instance,	  a	  stiffness	  gradient	  in	  time	  and	  space	  is	  
explicitly	  understood	  during	  development,	  wound	  healing	  and	  disease.	  As	  a	  classic	  
example,	  the	  mature	  chicken	  heart	  has	  a	  stiffness	  of	  roughly	  10	  kPa;	  however,	  the	  
originating	  mesoderm	  is	  a	  much	  softer	  ~0.5	  kPa	  material.	  Complete	  stiffening	  of	  the	  
chicken	  heart	  takes	  approximately	  two	  weeks101.	  Fibrosis,	  a	  response	  in	  wound	  
healing	  as	  well	  as	  after	  heart	  attack,	  is	  another	  example	  of	  natural	  tissue	  stiffening,	  
but	  in	  this	  case	  to	  an	  unnatural,	  scar-‐like	  state102.	  Matrix	  stiffening	  is	  apparent	  in	  
diseased	  states	  as	  well	  as	  aging	  and	  can	  contribute	  to	  corresponding	  adverse	  
phenotypes.	  Amidst	  aging	  and	  progression	  of	  atherosclerosis,	  the	  blood	  vessel	  wall	  
stiffens	  leading	  to	  increased	  endothelial	  cell	  permeability	  due	  to	  elevated	  cell	  
contractility,	  thus	  widening	  cell-‐cell	  junctions100.	  	  
	   There	  have	  been	  recent	  developments	  in	  mimicking	  this	  dynamic	  stiffening	  
of	  native	  ECM.	  Young	  and	  Engler	  have	  developed	  a	  stiffening	  material	  from	  thiolated	  
hyaluronic	  acid	  (HA-‐SH)103.	  For	  these	  HA-‐SH	  materials,	  initial	  gelation	  is	  achieved	  by	  
crosslinking	  with	  PEG-‐diacrylate	  (PEGDA).	  Further	  time-‐dependent	  stiffening	  is	  
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then	  allowed	  to	  occur	  by	  free	  acrylate	  groups	  on	  the	  HA	  backbone	  polymerizing	  
with	  leftover	  HA-‐SH	  groups	  from	  the	  initial	  crosslink	  reaction.	  They	  were	  able	  to	  
create	  a	  material	  that	  stiffened	  from	  1.9kPa	  to	  8.2kPa	  over	  19	  days	  post-‐
polymerization,	  corresponding	  to	  development	  of	  the	  native	  chicken	  heart.	  It	  should	  
be	  noted	  that	  this	  temporal	  stiffening	  was	  not	  linear,	  but	  rather	  followed	  a	  decaying	  
exponential,	  such	  that	  the	  majority	  of	  stiffening	  occurred	  after	  three	  days.	  The	  
stiffening	  HA-‐SH	  hydrogel	  allowed	  for	  significantly	  improved	  pre-‐cardiac	  cell	  
maturation	  into	  myocytes,	  as	  seen	  by	  a	  3-‐fold	  increase	  in	  expression	  of	  the	  mature	  
marker	  Troponin	  T	  as	  well	  as	  a	  significant	  increase	  in	  mature	  myofibrils,	  relative	  to	  
cells	  cultured	  on	  a	  static	  PA	  material.	  	  However,	  the	  HA-‐SH	  materials	  are	  a	  liability	  in	  
vivo	  as	  they	  caused	  a	  significant	  increase	  in	  macrophage	  and	  lymphocyte	  infiltration	  
at	  the	  site	  of	  an	  intramyocardial	  injection.	  Follow	  up	  work	  attributes	  this	  immune	  
response	  to	  the	  free	  thiol	  groups,	  since	  a	  non-‐thiolated	  HA	  did	  not	  cause	  an	  immune	  
response104;	  however,	  the	  process	  of	  stiffening	  may	  also	  contribute.	  	  	  
	   Guvendiren	  and	  Burdick	  have	  more	  recently	  developed	  methacrylated	  HA	  
(Me-‐HA)	  based	  hydrogels	  that	  are	  capable	  of	  stiffening	  in	  a	  stepwise	  manner105.	  For	  
initial	  gelation,	  methacrylate	  groups	  were	  crosslinked	  with	  dithiothreitol	  (DDT).	  At	  
a	  user-‐defined	  time	  point	  later,	  further	  crosslinking	  of	  unreacted	  methacrylates	  can	  
be	  induced	  by	  addition	  of	  UV	  light	  with	  a	  photoinitiator	  (Figure	  5A,B).	  Switch-‐like	  
stiffening	  can	  alter	  the	  fate	  of	  uncommitted	  precursors	  (Figure	  5C),	  and	  the	  
composition	  of	  cell	  types	  in	  a	  bi-‐potential	  media	  can	  be	  tuned	  by	  varying	  the	  time	  of	  
further	  stiffening.	  For	  hMSCs	  cultured	  on	  Me-‐HA	  hydrogels	  in	  a	  bipotential	  media	  
promoting	  osteogenesis	  and	  adipogenesis,	  osteogenic	  markers	  were	  more	  apparent	  
for	  materials	  stiffened	  at	  earlier	  time	  points,	  and	  adipogenic	  markers	  were	  more	  
apparent	  for	  materials	  stiffened	  at	  later	  time	  points.	  This	  fate-‐tuning	  is	  realized	  
because	  differentiating	  cells	  do	  not	  respond	  to	  mechanical	  stimuli,	  as	  do	  
uncommitted	  cells.	  By	  using	  hydrogels	  that	  incorporate	  switch-‐induced	  stiffening	  
like	  the	  Me-‐HA	  based	  materials,	  it	  is	  possible	  that	  the	  exact	  fate	  and	  composition	  of	  
uncommitted	  progenitors	  or	  stem	  cells	  could	  be	  tuned	  and	  induced	  at	  a	  user-‐
defined	  time	  point105,	  106.	  
	   Bioactive	  peptide	  domains	  can	  be	  introduced	  into	  the	  scaffold	  to	  mimic	  
native	  dynamic	  presentation.	  For	  instance,	  hMSCs	  early	  during	  their	  differentiation	  
into	  chondrocytes	  upregulate	  fibronectin	  production	  thus	  providing	  increasing	  RGD	  
domain	  concentration.	  One	  week	  after	  differentiation,	  fibronectin	  is	  downregulated,	  
freeing	  the	  cells	  to	  a	  more	  spherical	  morphology	  necessary	  for	  chondrogenic	  
differentiation.	  To	  recapitulate	  this	  dynamic	  native	  RGD	  presentation,	  the	  Anseth	  
group	  designed	  a	  peptide	  sequence	  incorporating	  RGD	  as	  well	  as	  a	  MMP-‐13-‐
cleavable	  sequence	  (PENFF)107.	  This	  peptide	  design	  was	  realized	  because	  MMP-‐13	  is	  
upregulated	  in	  chondrocytes	  as	  fibronectin	  is	  downregulated.	  Upon	  incorporating	  
this	  peptide	  into	  a	  PEGDA	  hydrogel,	  RGD	  could	  be	  cleaved	  on	  a	  physiological	  time	  
scale	  specifically	  by	  cell-‐secreted	  MMP-‐13,	  and	  the	  appropriate	  hMSC	  response	  was	  
observed	  –	  initial	  adhesion	  followed	  by	  detachment.	  	  
	   Researchers	  are	  now	  utilizing	  light	  irradiation	  to	  induce	  user-‐defined	  
temporal	  and	  spatial	  degradation	  gradients	  in	  synthetic	  materials	  crosslinked	  with	  
photo-‐labile	  bonds.	  Near-‐infrared-‐light	  irradiation	  was	  used	  to	  trigger	  release	  of	  
various	  neurotransmitters	  such	  as	  dopamine	  from	  polypyrrole	  nanoparticles	  in	  
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order	  to	  remote-‐control	  brain	  activity	  108.	  In	  a	  further	  iteration	  of	  the	  temporal	  RGD	  
presentation	  design,	  RGD	  was	  attached	  to	  the	  backbone	  of	  a	  PEGDA	  scaffold	  via	  a	  
photo-‐cleavable	  bond,	  resulting	  in	  a	  hydrogel	  in	  which	  RGD	  could	  be	  released	  at	  
user-‐defined	  times	  to	  enhance	  chondrogenic	  differentiation109.	  	  Unlike	  with	  cell-‐
demanded	  matrix	  degradation,	  the	  researcher	  can	  tune	  the	  cellular	  
microenvironment	  with	  micron-‐scale	  resolution	  to	  understand	  how	  cells	  respond	  to	  
such	  changes.	  The	  decrease	  in	  crosslink	  density	  that	  arises	  from	  photodegradation	  
results	  in	  an	  increased	  porosity	  of	  the	  material	  advantageous	  for	  cell	  spreading	  and	  
diffusion	  of	  secreted	  molecules.	  In	  photo-‐labile	  hydrogels	  encapsulating	  hMSCs,	  a	  
light-‐induced	  polymer	  density	  gradient	  supported	  a	  corresponding	  gradient	  in	  
hMSC	  spreading	  and	  area110.	  
	   Porosity	  may	  also	  be	  a	  desirable	  variable	  to	  temporally	  tune	  in	  a	  hydrogel	  
system.	  A	  low-‐porosity	  material	  may	  provide	  an	  initial	  barrier	  to	  protect	  fragile	  
precursor	  cells	  from	  the	  outside	  environment;	  however,	  a	  more	  porous	  material	  is	  
required	  for	  the	  diffusion	  of	  growth	  factors,	  cell	  spreading	  and	  migration,	  matrix	  
deposition,	  and	  angiogenesis.	  Thus,	  the	  design	  of	  a	  time-‐dependent	  increase	  in	  
hydrogel	  porosity	  is	  attractive.	  	  A	  scaffold	  composed	  entirely	  of	  MMP-‐degradable,	  
RGD-‐presenting	  spherical	  microgels	  that	  anneal	  via	  factor	  XIIIa,	  termed	  
microporous	  annealed	  particle	  (MAP)	  gels,	  was	  designed	  to	  attain	  microporosity	  
upon	  cellular	  degradation	  of	  the	  microgels111.	  Compared	  to	  non-‐porous	  PEG-‐VS	  
scaffolds,	  the	  MAP	  gels	  showed	  increased	  cellular	  network	  formation,	  proliferation,	  
wound	  closure,	  and	  a	  decreased	  immune	  response.	  Advancing	  on	  this	  work	  is	  a	  
methacrylated-‐gelatin-‐based	  material	  implementing	  three	  porogens	  that	  degrade	  in	  
response	  to	  different	  stimuli112.	  Compared	  to	  one	  and	  two	  sequential	  treatments,	  
collagen	  II	  and	  X	  deposition	  was	  markedly	  increased	  in	  the	  thrice-‐treated	  hydrogel	  
and	  cell	  density	  was	  increased	  in	  the	  twice-‐and	  thrice-‐treated	  hydrogel.	  	  
	   These	  control	  features	  of	  step-‐changes	  in	  either	  stiffness	  or	  porosity	  are	  
useful	  new	  tools	  that	  allow	  researchers	  to	  understand	  and	  direct	  cell	  fate	  in	  vitro.	  
However,	  they	  lack	  broad	  clinical	  applicability	  due	  to	  the	  added	  challenge	  of	  
accessing	  the	  implantation	  site	  to	  provide	  the	  stimulus/trigger	  to	  cause	  the	  desired	  
change.	  These	  designs	  are	  sufficient	  for	  proof-‐of-‐concept	  applications,	  but	  materials	  
are	  ultimately	  needed	  to	  provide	  all	  necessary	  bioactivity	  without	  necessitating	  user	  
input,	  and	  surgical	  access,	  after	  implantation.	  Materials	  that	  are	  inherently	  bioactive,	  
designed	  to	  respond	  to	  cellular	  inputs	  like	  protease	  secretion	  or	  cell	  stretching,	  are	  
ultimately	  what	  are	  needed.	  
	  
Bio-‐responsive	  release	  and	  degradation	  
	  
	   Biomaterials	  engineers	  hope	  to	  take	  advantage	  of	  cell-‐mediated	  matrix	  
degradation	  as	  a	  design	  strategy	  that	  builds	  into	  the	  system	  an	  ability	  for	  
encapsulated	  cells	  to	  “talk”	  to	  their	  surrounding	  matrix.	  This	  communication	  can	  
include	  matrix	  degradation	  via	  cell-‐secreted	  proteases	  coupled	  with	  other	  cell-‐
matrix	  interactions	  that	  dictate	  fate	  decisions.	  Materials	  that	  cell-‐responsively	  
degrade	  are	  important	  to	  the	  regenerative	  capacity	  of	  encapsulated	  cells:	  	  
presentation	  of	  non-‐degradable	  crosslinks	  negatively	  directs	  cell	  fate	  and	  blocks	  
traction	  force	  generation	  in	  a	  manner	  analogous	  to	  myosin	  inhibition106.	  In	  
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applications	  where	  protease	  activity	  is	  detrimentally	  upregulated	  such	  as	  after	  a	  
myocardial	  infarction,	  materials	  can	  be	  designed	  to	  provide	  feedback	  on	  cell-‐
mediated	  degradation113.	  
	  
Growth	  Factor	  Delivery	  
	  
	   Designing	  a	  material	  to	  release	  stimulatory	  factors	  in	  response	  to	  cell	  inputs	  
“on	  demand”	  will	  be	  more	  useful	  than	  in	  response	  to	  user-‐dictated,	  extrinsic	  inputs.	  
This	  allows	  cells	  to	  customize	  their	  environment	  with	  factors	  available	  as	  needed	  
during	  development	  rather	  than	  at	  step-‐change	  intervals	  convenient	  to	  researchers.	  
One	  natural	  cell	  input	  that	  could	  induce	  growth	  factor	  release	  is	  degradation,	  
realized	  with	  bulk	  material-‐sequestered	  factors	  (bulk	  degradation)	  or	  factors	  
covalently	  attached	  to	  the	  scaffold	  via	  a	  tether	  (tether	  degradation).	  Freedom	  of	  
design	  is	  available	  in	  either	  method	  –	  protease-‐sensitive	  sites	  in	  the	  bulk	  material	  
backbone	  can	  be	  cleaved	  to	  release	  sequestered	  growth	  factors,	  or	  growth	  factors	  
can	  be	  tethered	  to	  the	  scaffold	  by	  Michael-‐type	  addition	  with	  free	  acrylate	  groups.	  
When	  using	  synthetic	  macromers	  for	  hydrogel	  formation,	  the	  choice	  of	  crosslinking-‐
active	  end	  groups	  is	  important	  for	  the	  degradation	  application.	  For	  example,	  
crosslinking	  PEG	  acrylates	  will	  form	  ester	  bonds	  cleaved	  over	  time	  by	  hydrolysis,	  
while	  crosslinked	  PEG	  vinyl	  sulfones	  (PEG-‐VS)	  will	  not	  degrade	  in	  response	  to	  
water114.	  Incorporation	  of	  protease-‐cleavable	  substrates	  into	  the	  latter	  hydrogel	  will	  
result	  in	  cell-‐mediated	  degradation	  as	  the	  sole	  mechanism	  of	  remodeling	  115.	  This	  
situation	  is	  ideal	  for	  immobilizing	  growth	  factors,	  as	  their	  degradation-‐mediated	  
release	  can	  be	  cell-‐responsive	  in	  both	  time	  and	  space	  (Figure	  2D).	  	  	  	  

Multiple	  growth	  factors	  may	  need	  to	  be	  delivered	  in	  some	  clinical	  
applications	  where	  matrix	  degradation	  and	  remodeling	  are	  important	  to	  healing,	  
and	  in	  some	  cases,	  proteases	  can	  have	  multiple	  regulating	  growth	  factors.	  
Exogenously	  added	  growth	  factors	  can	  work	  in	  concert	  with	  natural	  ECM-‐	  and	  cell-‐
derived	  cues.	  A	  PEG-‐VS	  hydrogel	  crosslinked	  with	  a	  bifunctional	  vascular	  
endothelial	  growth	  factor	  (VEGF)	  protein	  and	  pendant,	  engineered	  RGD	  peptide	  
significantly	  increased	  cell	  migration	  relative	  to	  the	  control	  without	  the	  adhesion	  
peptide116.	  The	  presence	  of	  VEGF	  stimulated	  HUVEC	  production	  of	  latent	  MMP-‐2,	  
subsequently	  activated	  by	  sequestered	  TGF-‐β1.	  Thus,	  VEGF	  and	  TGF-‐β1	  can	  work	  
together	  in	  an	  engineered	  hydrogel	  system	  to	  mediate	  HUVEC	  synthesis	  and	  
activation	  of	  MMP-‐2.	  	  

Zisch	  and	  coworkers	  used	  a	  4-‐arm	  PEG-‐VS	  hydrogel	  crosslinked	  with	  free	  
thiol-‐bearing	  MMP-‐sensitive	  peptides,	  and	  plasmin-‐sensitive	  VEGF	  variants	  
including	  VEGF121-‐Cys	  (Figure	  6A)	  were	  attached	  as	  pendant	  molecules	  via	  Michael-‐
type	  addition117.	  Encapsulated	  HUVECs	  showed	  similar	  radial	  outgrowth	  with	  the	  
bound	  growth	  factor	  and	  with	  the	  soluble	  form.	  When	  these	  hydrogels	  were	  grafted	  
onto	  a	  chicken	  chorioallantoic	  membrane,	  a	  highly	  localized	  blood	  vessel	  growth	  
response	  was	  seen	  at	  the	  graft	  site,	  a	  result	  not	  seen	  in	  hydrogels	  with	  soluble	  or	  no	  
VEGF	  (Figure	  6B).	  Delivering	  growth	  factors	  in	  the	  form	  of	  molecules	  bound	  by	  a	  
protease-‐cleavable	  tether	  can	  result	  in	  a	  highly	  localized	  source,	  critical	  for	  
angiogenesis117.	  
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	   Cell-‐mediated	  ECM	  degradation	  can	  also	  facilitate	  the	  delivery	  of	  drug-‐
delivering	  nanoparticles	  that	  can	  cross	  the	  cell	  membrane.	  Nanoparticles	  can	  be	  
conjugated	  to	  a	  PEG	  scaffold	  through	  the	  biotin/streptavidin	  complex118.	  To	  
facilitate	  released	  based	  on	  cellular	  inputs,	  end-‐thiolated	  protease-‐cleavable	  
peptides	  were	  attached	  to	  nanoparticles	  via	  maleimide	  chemistry.	  Release	  rates	  
were	  tuned	  not	  only	  by	  peptide	  sequence	  but	  also	  by	  degree	  of	  peptide	  modification,	  
with	  fewer	  tethers	  per	  nanoparticle	  resulting	  in	  a	  faster	  release.	  Aside	  from	  the	  
coupled	  growth	  factor	  delivery	  with	  matrix	  degradation,	  nanoparticles	  permanently	  
tethered	  to	  the	  scaffold	  could	  provide	  a	  sustained	  release	  of	  encapsulated	  growth	  
factors.	  
	   Many	  protein	  growth	  factors	  bind	  to	  heparin	  with	  high	  affinity,	  providing	  
another	  means	  to	  sequester	  growth	  factors	  to	  the	  scaffold.	  This	  phenomenon	  has	  
prompted	  the	  use	  of	  bound	  heparin	  as	  a	  means	  to	  sequester	  exogenously	  supplied	  
growth	  factors	  for	  either	  passive	  or	  cell-‐demanded	  release	  realized	  by	  heparinase.	  
Mathematical	  modeling	  incorporating	  material	  balances	  utilizing	  
association/dissociation	  rate	  constants	  for	  basic	  fibroblast	  growth	  factor	  (bFGF)	  
binding	  to	  heparin	  yielded	  optimal	  conditions	  such	  that	  passive	  release	  is	  much	  
slower	  than	  cell-‐demanded	  release.	  A	  500-‐fold	  molar	  excess	  of	  heparin	  to	  bFGF	  was	  
the	  optimal	  condition,	  leading	  to	  a	  2-‐fold	  increase	  in	  neurite	  extension	  of	  DRGs119.	  
	  
Peptide	  Design	  
	  
	   Peptides	  linked	  into	  a	  hydrogel	  system	  allow	  a	  broad	  design	  space	  to	  control	  
many	  variables	  that	  are	  part	  of	  the	  bulk	  material	  properties	  or	  cell	  response.	  
Foremost,	  a	  peptide	  can	  be	  designed	  to	  crosslink	  with	  the	  polymer.	  To	  allow	  
crosslinking	  and	  subsequent	  gelation	  with	  acrylate	  or	  vinyl	  sulfone	  groups,	  peptides	  
can	  be	  designed	  with	  cysteines	  or	  lysines	  on	  each	  end.	  Thiols	  are	  present	  in	  proteins	  
naturally	  but	  are	  usually	  in	  the	  form	  of	  disulfide	  bridges;	  crosslinking	  with	  these	  
thiols	  could	  denature	  the	  protein.	  Designing	  recombinant	  proteins	  is	  a	  useful	  tool	  
for	  engineering	  crosslinkable	  peptides	  into	  the	  scaffold.	  Proteolytic	  degradation	  
depends	  on	  protease	  activity,	  adhesion	  ligand	  concentration,	  and	  matrix	  crosslink	  
density115.	  Depending	  on	  the	  peptide	  used,	  sensitivity	  to	  a	  particular	  protease	  or	  
multiple	  proteases	  can	  be	  designed	  into	  the	  material,	  which	  could	  be	  useful	  for	  
specific	  applications.	  For	  example,	  urokinase-‐type	  plasminogen	  activator	  (uPA)	  is	  a	  
protease	  secreted	  from	  the	  tips	  of	  growing	  neurites.	  A	  hydrogel	  made	  from	  ELPs	  
composed	  of	  uPA-‐sensitive	  sites	  and	  adhesion	  sequences	  aided	  neuronal	  
differentiation120,	  121.	  

Enzymatic	  crosslinking	  is	  an	  option	  that	  can	  provide	  non-‐cytotoxic	  
crosslinking	  as	  well	  as	  site-‐specificity.	  For	  example,	  the	  coagulation	  factor	  XIIIa	  
catalyzes	  the	  acyl-‐transfer	  between	  the	  α-‐carboxamide	  group	  of	  glutamines	  and	  the	  
ε-‐amino	  group	  of	  lysines.	  To	  facilitate	  factor	  XIIIa-‐induced	  crosslinking,	  peptides	  can	  
be	  designed	  with	  the	  glutamine	  acceptor	  NQEQVSPL122	  (Figure	  6	  C,D).	  It	  may	  be	  
desirable	  to	  control	  the	  susceptibility	  to	  a	  particular	  enzyme	  since	  particular	  
proteases	  are	  upregulated	  during	  the	  wound	  healing	  response.	  The	  amino	  acid	  
sequence	  of	  peptides	  can	  be	  tuned	  to	  control	  Michaelis-‐Mentin	  kinetics.	  By	  changing	  
the	  alanine	  in	  a	  natural	  collagen	  I-‐derived	  sequence	  to	  a	  tryptophan,	  the	  Km	  
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decreased	  1.5-‐fold	  and	  the	  kcat	  increased	  3-‐fold	  to	  MMP-‐1115.	  The	  kinetics	  are	  also	  a	  
function	  of	  polymer	  molecular	  weight.	  Thus,	  a	  number	  of	  user-‐defined	  variables	  
regarding	  protease-‐sensitive	  peptides	  can	  be	  tuned	  to	  control	  the	  rate	  of	  hydrogel	  
degradation	  including	  amino	  acid	  sequence	  and	  bulk	  polymer	  molecular	  weight.	  	  
	   The	  rate	  of	  degradation	  and	  protease-‐sensitivity	  of	  materials	  presenting	  
protease-‐cleavable	  substrates	  is	  very	  sensitive	  to	  the	  amino	  acid	  sequence	  of	  the	  
peptide	  substrate.	  The	  collagen-‐derived	  substrates	  GPQG↓IAGQ	  or	  GPQG↓IWGQ	  are	  
the	  most	  readily	  used	  to	  induce	  cell-‐mediated	  degradation,	  though	  these	  are	  
relatively	  slow	  degrading	  and	  non-‐specific.	  Combinatorial	  methods	  using	  oriented	  
peptide	  libraries	  as	  well	  as	  phage-‐display	  libraries	  have	  produced	  peptides	  with	  up	  
to	  600-‐fold	  increases	  in	  kcat/KM	  relative	  to	  GPQG↓IAGQ123.	  Secreted-‐protein-‐acidic-‐
and-‐rich-‐in-‐cysteine	  (SPARC)-‐derived	  peptides	  have	  been	  identified	  to	  be	  cleaved	  
mainly	  by	  plasmin,	  and	  show	  a	  broad	  range	  of	  kinetic	  parameters.	  When	  
crosslinking	  a	  protease	  substrate	  into	  a	  hydrogel,	  the	  kcat	  scales	  directly	  with	  
hydrogel	  degradation	  rate.	  Since	  the	  kcat	  values	  of	  many	  protease-‐sensitive	  peptide	  
substrates	  have	  been	  studied	  and	  tabulated,	  it	  is	  now	  fairly	  simple	  to	  tune	  the	  cell-‐
mediated	  degradation	  rate	  upon	  knowing	  the	  protease	  profile	  of	  the	  particular	  cell	  
type	  in	  use124.	  
	   The	  ability	  of	  cells	  to	  locally	  degrade	  their	  surrounding	  matrix	  directly	  affects	  
their	  locomotive	  capacity.	  Proteolysis	  is	  the	  usual	  primary	  mechanism	  to	  allow	  cell	  
migration;	  however,	  if	  proteolysis	  is	  not	  an	  option,	  cells	  can	  adopt	  an	  amoeboid	  
migration	  strategy.	  This	  mesenchymal-‐to-‐amoeboid	  transition	  has	  been	  shown	  to	  
occur	  upon	  MMP	  activity	  inhibition,	  but	  only	  when	  the	  matrix	  porosity	  is	  large	  
enough	  to	  sustain	  amoeboid	  migration.	  Cell	  migration	  through	  nanoporous	  fibrin	  is	  
highly	  dependent	  on	  MMP	  modulation,	  while	  migration	  through	  porous	  collagen	  is	  
independent	  of	  MMP	  activity	  modulation125.	  For	  all	  migrating	  cells,	  the	  cell	  speed	  is	  
a	  result	  of	  a	  balance	  between	  the	  forces	  of	  adhesion	  and	  contraction.	  Inside	  of	  a	  
given	  matrix	  system,	  the	  optimum	  speed	  of	  a	  given	  cell	  will	  stay	  constant	  upon	  
reducing	  cell	  adhesivity	  (i.e.	  blocking	  integrin	  receptors)	  by	  increasing	  the	  matrix	  
ligand	  density	  and	  decreasing	  the	  matrix	  stiffness126.	  
	   A	  new	  class	  of	  self-‐assembling	  peptides	  has	  been	  developed	  termed	  
multidomain	  peptides	  (MDPs)127.	  These	  MDPs	  can	  form	  hydrogels	  at	  physiological	  
pH	  and	  are	  designed	  to	  display	  user-‐defined	  length	  and	  functional	  domains.	  Charged	  
residues	  can	  be	  carefully	  designed	  into	  the	  flanking	  regions	  to	  provide	  water	  
solubility	  and	  oppose	  fiber	  assembly.	  Varying	  the	  number	  of	  flanking	  charged	  
groups	  can	  control	  the	  stiffness.	  When	  an	  MMP-‐2	  site	  was	  engineered	  into	  the	  core	  
region	  of	  a	  MDP,	  the	  expected	  cleaved	  peptides	  were	  released	  as	  well	  as	  degradation	  
products	  of	  released	  peptides.	  The	  combination	  of	  adhesion	  and	  degradation	  
domains	  into	  the	  core	  region	  was	  shown	  to	  have	  a	  combinatory	  effect	  on	  cell	  
spreading.	  	  
	  
Cell-‐triggered	  drug	  release	  from	  biomaterials	  
	  
	   The	  strategies	  discussed	  herein	  are	  not	  used	  exclusively	  to	  engineer	  new	  
tissue.	  They	  are	  now	  frequently	  being	  adapted	  to	  create	  cell-‐responsive	  drug	  release	  
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in	  native	  tissues.	  Biodegradable	  polymeric	  nanoparticles	  are	  broadly	  used	  in	  drug	  
delivery	  because	  their	  release	  rate	  can	  be	  tuned	  and	  surface	  can	  be	  modified	  with	  
protective	  groups	  or	  targeting	  ligands.	  For	  example,	  PEG	  can	  be	  attached	  to	  a	  
particle	  surface	  to	  increase	  circulation	  time	  and	  diffusion	  through	  the	  brain	  
parenchyma128.	  Drug	  release	  from	  polymeric	  nanoparticles	  and	  micelles	  remains	  a	  
challenge	  as	  it	  is	  often	  too	  slow	  for	  clinical	  tumor	  therapy.	  Recent	  efforts	  have	  taken	  
advantage	  of	  the	  intrinsic	  intracellular	  environment	  for	  faster	  drug	  release.	  
Different	  chemistries	  have	  been	  deployed	  to	  prepare	  pH-‐sensitive	  nanoparticles	  
based	  on	  acid-‐labile	  ortho	  ester129,	  hydrazone130,	  cis-‐aconityl131,	  and	  acetal132	  bonds.	  
Bae	  and	  coworkers	  prepared	  micelles	  based	  off	  of	  an	  amphiphilic	  block	  copolymer	  
containing	  a	  critical	  hydrazone-‐drug	  bond	  that	  would	  release	  the	  drug	  upon	  acidic,	  
intracellular	  pH	  (Figure	  7A,B)133.	  pH-‐sensitive	  drug	  delivery	  particles	  are	  design-‐
limited	  because	  the	  pH	  difference	  between	  extracellular	  environment	  and	  the	  
endosome	  is	  small.	  	  Incorporation	  of	  disulfide	  bond	  into	  the	  polymer	  chemistry	  will	  
render	  degradation	  in	  the	  presence	  of	  high	  antioxidant	  content,	  such	  is	  the	  case	  in	  
the	  cytosol	  where	  glutathione	  levels	  are	  approximately	  2-‐10	  mM.	  Chen	  and	  
coworkers	  recently	  created	  a	  dual-‐responsive	  micelle,	  combining	  pH-‐	  and	  redox-‐
sensitive	  motifs	  utilizing	  PEG-‐SS-‐poly(2,4,6-‐trimethoxybenzlidene-‐pentaerythritol	  
carbonate)134.	  These	  two	  motifs	  –	  the	  acetal	  for	  pH	  sensitivity	  and	  the	  disulfide	  bond	  
for	  redox	  sensitivity	  –	  resulted	  in	  a	  synergistic	  drug	  release	  effect.	  A	  diblock	  
copolymer	  of	  PEG	  and	  polycaprolactone	  (PCL)	  linked	  by	  a	  disulfide	  bond	  capable	  of	  
self-‐assembly	  showed	  markedly	  increased	  intracellular	  payload	  release	  relative	  to	  
that	  without	  a	  disulfide	  bond135	  (Figure	  7C,D).	  
	   Ligands	  with	  different	  functions	  can	  be	  attached	  to	  the	  surface	  of	  polymeric	  
nanoparticles,	  or	  liposomes.	  Distinct	  ligands	  can	  be	  engineered	  to	  appear	  at	  varying,	  
appropriate	  times	  during	  delivery.	  Longer	  PEG	  chains	  can	  shield	  other	  
functionalities	  on	  a	  particle	  surface,	  like	  cell-‐penetrating	  peptides,	  until	  the	  cell-‐
targeting	  antibody	  has	  helped	  the	  particle	  reach	  its	  target	  tissue136.	  The	  acid-‐labile	  
hydrazine	  bonds	  used	  to	  attach	  the	  antibodies	  and	  long,	  shielding	  PEG	  chains	  cleave	  
and	  release	  the	  functional	  particles	  into	  inflammatory	  regions	  with	  low	  pH.	  These	  
“smart”	  drug	  delivery	  nanoparticles	  were	  shown	  to	  internalize	  into	  fibroblasts	  and	  
astrocytoma	  cells,	  but	  only	  when	  the	  shielding	  PEG	  linkages	  were	  pH-‐cleavable.	  
Gillies	  and	  coworkers	  developed	  also	  a	  “smart”	  shielding-‐mediated	  pH-‐responsive	  
drug	  delivery	  system	  using	  a	  dendrimer	  as	  the	  vehicle137.	  This	  dendrimer	  was	  based	  
on	  PEG	  with	  hydrophobic	  groups	  (2,4,6-‐trimethoxybenzaldehyde)	  attached	  to	  the	  
periphery	  via	  acid-‐labile	  bonds	  (1,3-‐diol	  of	  serinol).	  This	  dendrimer	  was	  designed	  to	  
shed	  its	  protective	  hydrophobic	  core	  upon	  acidic	  conditions,	  rendering	  the	  
dendrimer	  surface	  hydrophilic,	  resulting	  in	  destabilization	  of	  the	  polymer	  and	  
ultimately	  drug	  release.	  	  

Reactive	  oxygen	  species	  (ROS)	  are	  another	  key	  feature	  of	  inflamed	  
environments.	  Newly	  designed	  poly(propylene	  sulfide)	  (PPS)	  increases	  in	  
hydrophobicity	  when	  oxidized	  by	  converting	  to	  poly(propylene	  sulfoxide)	  and	  
ultimately	  poly(propylene	  sulfone)138.	  PPS	  was	  used	  in	  combination	  with	  poly(N-‐
isopropylacrylamide)	  (PNIPAAM)	  and	  poly(N,N-‐dimethylacrylamide)	  (PDMA)	  to	  
synthesize	  an	  ABC	  tri-‐block	  polymer	  that	  was	  both	  thermo-‐responsive	  and	  bio-‐
responsive,	  releasing	  drug	  in	  response	  to	  ROS139.	  Curcumin	  release	  from	  PPS	  
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microparticles	  was	  shown	  to	  be	  dependent	  on	  ROS	  concentration,	  and	  both	  empty	  
and	  loaded	  microparticles	  were	  cell-‐protective	  against	  ROS	  stress,	  indicating	  a	  free	  
radical	  scavenging	  ability	  of	  PPS140.	  
	   “Charge-‐conversional	  polymers”	  can	  be	  used	  to	  create	  drug	  delivery	  carriers	  
that	  switch	  from	  a	  negative	  to	  positive	  charge	  in	  the	  endosome.	  Cationic	  
polyaspartamide	  derivatives	  were	  modified	  with	  cis-‐aconic	  anhydride	  to	  result	  in	  
anionic	  groups	  linked	  via	  an	  acid-‐labile	  bond141.	  Upon	  endosomal	  uptake,	  the	  
polyanions	  leave	  the	  complex,	  resulting	  in	  di-‐protonated	  modules	  capable	  of	  
endosomal	  disruption.	  Later	  work	  incorporated	  disulfide	  moieties	  into	  the	  particle	  
core	  to	  take	  advantage	  of	  the	  reductive	  cytosol142.	  In	  a	  growing	  theme,	  multiple	  
tunable	  steps	  are	  attractive	  to	  both	  drug	  delivery	  and	  tissue	  engineering	  strategies,	  
and	  recent	  technology	  developing	  a	  three-‐step	  sequential	  enzyme	  cascade	  created	  
bioresponsive	  polymeric	  materials	  that	  change	  morphology143.	  
	  
Summary	  and	  Outlook	  
	  
	   Native	  cells	  respond	  to	  many	  different	  mechanical	  and	  biochemical	  cues	  
throughout	  their	  life	  cycle.	  It	  is	  our	  goal	  as	  biomaterials	  engineers	  to	  utilize	  complex,	  
native	  biological	  phenomena	  to	  design	  predictable,	  repeatable,	  interactive	  hydrogel	  
materials.	  We	  aim	  to	  have	  tunable	  design	  control	  of	  static	  and	  dynamic	  hydrogel	  
materials.	  These	  should	  incorporate	  native	  biochemical	  and	  physical	  features	  in	  
order	  to	  achieve	  a	  desired	  cellular	  response	  or	  set	  of	  responses	  over	  a	  specified	  
regeneration	  time	  scale.	  Much	  success	  has	  come	  from	  work	  implementing	  biological	  
factors	  such	  as	  recombinant,	  bound	  growth	  factors	  and	  protease-‐cleavable	  peptides	  
into	  the	  scaffold	  backbone,	  and	  mechanical	  factors	  such	  as	  stiffening	  and	  dynamic	  
porosity.	  	  
	   A	  future	  challenge	  in	  the	  field	  is	  to	  be	  able	  to	  tune	  what	  we	  call	  “indirect	  
material	  responses.”	  For	  instance,	  as	  we	  have	  discussed,	  researchers	  commonly	  
tune	  cell-‐mediated	  material	  degradation	  to	  control	  what	  fragments	  are	  to	  be	  cleaved	  
and	  the	  time	  scale	  over	  which	  they	  are	  released.	  In	  native	  tissue,	  degradation	  
fragments,	  such	  as	  the	  collagen	  degradation	  fragment	  NC1	  domain,	  can	  play	  key	  
roles	  in	  cellular	  development.	  How	  can	  we	  control	  the	  input	  to	  a	  cell	  from	  a	  pre-‐
designed	  material?	  	  In	  some	  cases,	  cell-‐inputs	  from	  the	  material	  are	  only	  realized	  
after	  cell	  stretching	  has	  revealed	  a	  cryptic	  domain.	  Can	  cryptic	  domains	  be	  
engineered	  into	  partially	  synthetic	  materials	  to	  reproducibly	  examine	  the	  cellular	  
response?	  Many	  cryptic	  domains	  have	  been	  identified	  such	  as	  the	  fibronectin	  
multimerization	  sequences49	  and	  gelatin-‐binding	  site144.	  The	  cryptic	  fibronectin	  
multimerization	  site	  is	  exposed	  upon	  mechanical	  stretching,	  and	  this	  has	  been	  
applied	  in	  cell-‐free	  in	  vitro	  systems	  to	  fabricate	  assembled	  fibronectin	  matrices145.	  
In	  native	  ECMs,	  there	  is	  a	  tight	  cell-‐mediated	  feedback	  mechanism	  in	  place	  to	  
carefully	  control	  fibronectin	  multimerization55.	  Materials	  should	  be	  predictably	  
remodeled	  by	  cells	  through	  a	  combination	  of	  different	  cell	  inputs	  including	  protease	  
degradation	  and	  stretching	  to	  unveil	  a	  cryptic	  multimerization	  domain	  or	  
channels/pores	  suitable	  for	  axon	  extension	  or	  cell	  migration.	  These	  remodeling	  
events	  should	  then	  via	  a	  feed-‐forward	  input	  controllably	  induce	  a	  cascade	  of	  cellular	  
responses.	  	  
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Hydrogel	  materials	  in	  the	  future	  need	  not	  be	  designed	  to	  have	  a	  direct,	  one-‐
step	  functionality,	  such	  as	  protease	  degradation	  leading	  to	  cellular	  migration.	  
Rather,	  materials	  design	  incorporating	  multiple	  steps	  and	  multiple	  biochemical	  and	  
mechanical	  phenomena	  will	  better	  mimic	  the	  complex	  native	  ECM146.	  A	  hypothetical	  
situation	  could	  be:	  protease	  degradation	  leads	  to	  cellular	  migration	  to	  a	  new	  
microenvironment	  via	  a	  chemotactic	  gradient	  where	  stimulatory	  factors	  are	  
released	  conducive	  to	  proliferation.	  The	  cells	  begin	  to	  stretch	  the	  new	  matrix	  to	  
reveal	  a	  cryptic	  domain	  that	  stimulates	  matrix-‐matrix	  bonding,	  increasing	  matrix	  
stiffness,	  which	  then	  stimulates	  the	  cells	  to	  differentiate	  into	  mature,	  regenerative	  
cell	  types.	  Finally,	  the	  material	  degrades	  to	  leave	  behind	  regenerative	  cells	  and	  their	  
deposited	  matrix,	  thus	  closing	  the	  gap	  between	  proliferating	  precursors	  and	  tissue	  
regeneration.	  The	  native	  ECM	  provides	  a	  “toolbox”	  of	  biological	  phenomena	  that	  can	  
be	  engineered	  into	  biomaterials,	  some	  of	  which	  are	  highlighted	  in	  Figure	  2.	  
Materials	  that	  are	  designed	  beginning	  at	  the	  molecular	  level	  implementing	  carefully	  
selected	  bioactive	  motifs	  that	  evolve	  and	  adapt	  in	  response	  to	  cell	  inputs	  will	  better	  
mimic	  the	  native	  ECM	  and	  enable	  more	  regenerative	  clinical	  outcomes.	  
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Figure	  1.	  Dorsal	  Root	  Ganglion	  (DRG)	  growth	  is	  dependent	  on	  mechanical	  and	  
biochemical	  inputs.	  (A)	  Maximized	  neurite	  outgrowth	  is	  seen	  in	  the	  ELP	  hydrogel	  
(A)	  with	  stiffness	  mimicking	  the	  native	  neural	  environment	  (~0.5	  kPa)	  and	  (B)	  
incorporating	  the	  extended	  RGD	  adhesion	  sequence	  derived	  from	  fibronectin.	  
Reproduced	  from	  Lampe	  et	  al22.	  
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Figure	  2.	  Cell-‐ECM	  bidirectional	  communication	  inherent	  to	  tissue	  function	  can	  
be	  engineered	  into	  tightly	  controlled	  designer	  biomaterials.	  (A)	  CSPGs	  as	  part	  
of	  the	  ECM	  are	  inhibitory	  to	  axon	  growth,	  a	  circumstance	  typically	  associated	  with	  
the	  glial	  scar	  after	  CNS	  injury.	  Local	  chondroitinase	  delivery	  can	  be	  used	  to	  degrade	  
the	  glycosaminoglycan	  thus	  allowing	  axon	  regrowth	  or	  new	  sprouting.	  (B)	  Cell-‐
secreted	  proteases	  can	  degrade	  the	  ECM	  releasing	  fragments	  that	  act	  as	  signaling	  
molecules.	  For	  example,	  the	  NC1	  domain,	  a	  collagen	  degradation	  fragment,	  can	  
enhance	  neurite	  outgrowth	  of	  DRGs.	  (C)	  Cells	  can	  stretch	  fibronectin	  upon	  binding	  
via	  cell	  surface	  receptors.	  This	  stretching	  can	  reveal	  cryptic	  domains	  critical	  for	  
fibronectin-‐fibronectin	  multimerization	  to	  result	  in	  fibril	  formation.	  (D)	  Cell-‐
secreted	  proteases	  can	  release	  growth	  factors	  from	  the	  ECM	  leading	  to	  proliferation.	  	  
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Figure	  3.	  	  Cells	  remodel	  and	  unfold	  fibronectin	  over	  space	  and	  time.	  (A)	  Cells	  
remodel	  an	  initial	  collagen	  scaffold	  by	  depositing	  and	  stretching	  fibronectin.	  FRET	  
reveals	  increased	  fibronectin	  stretching	  over	  time	  and	  clear	  gradients	  in	  fibronectin	  
stretching	  in	  the	  xy	  and	  xz	  planes	  of	  the	  microtissue.	  Ia	  refers	  to	  the	  acceptor	  
fluorophore	  emission	  intensity,	  and	  Id	  refers	  to	  the	  donor	  fluorophore	  emission	  
intensity;	  higher	  FRET	  ratios	  correspond	  to	  less	  fibronectin	  stretching	  as	  indicated	  
by	  warmer	  color.	  Blebbistatin	  treatment	  to	  eliminate	  cell-‐binding	  forces	  reveals	  that	  
approximately	  40%	  of	  fibronectin	  stretching	  is	  due	  to	  cellular	  contractility.	  (B)	  
Fibronectin	  deposition	  onto	  an	  initial	  collagen	  scaffold	  corresponds	  to	  increasing	  
matrix	  tension.	  Reproduced	  from	  Ref.	  57	  with	  permission	  from	  the	  Royal	  Society	  of	  
Chemistry.	  
	  
	  

	  
	  
Figure	  4.	  Fibrin	  scaffold	  implantation	  promotes	  spinal	  cord	  regeneration	  after	  
lesion.	  (A)	  A	  nuclear	  stain	  shows	  that	  after	  spinal	  cord	  injury,	  implantation	  of	  a	  
fibrin	  scaffold	  into	  the	  lesion	  site	  promotes	  cellular	  infiltration	  into	  the	  lesion.	  (B)	  In	  
the	  fibrin-‐scaffold-‐treated	  group,	  neural	  fibers	  (Tuj1,	  red)	  penetrate	  through	  the	  
glial	  border	  (GFAP,	  green)	  into	  the	  lesion	  site	  (marked	  L)	  and	  localize	  with	  GFAP-‐
positive	  astrocytes.	  Reproduced	  from	  Johnson	  et	  al76.	  
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bleed-through and acceptor cross-talk as detailed in Methods.
In order to correlate the FRET ratio seen in microtissues to
structural changes in the Fn molecule, we calibrated the FRET
ratio to soluble Fn–DA in known concentrations of the
denaturant guanidine hydrochloride (GdnHCl) (Fig. 3b and c).
Previous work has demonstrated that the transition from compact
Fn to an extended molecule correlates with the drop of the
FRET signal seen for Fn–DA in solution between 0 M and 1M
GdnHCl. Moreover, Fn in solution begins to lose its secondary
structure at concentrations of denaturant GdnHCl approaching
1 M (Ia/Id = 0.40), with complete denaturation at 4 MGdnHCl
(Ia/Id = 0.29).10

We found that after 24 hours, the Fn–DA within micro-
tissues existed predominantly in a compact conformation, but
that there was a significant drop in the median FRET ratio of
Fn–DA as the tissue remodeled from 0.62 to 0.57 and 0.51,
after 24, 48 and 72 hours, respectively (Fig. 4a, b and Table S1,
ESIw). Acute treatment with blebbistatin after 72 hours
revealed that approximately 40 percent of the decrease in
FRET was due to active cellular contractility whereas the
remaining 60 percent was unaffected. By simultaneously
imaging the FRET signal and the immunofluorescence stain-
ing of the collagen scaffold, we separated the Fn–DA popula-
tion within microtissues into collagen-colocalized Fn–DA
and non-collagen-colocalized Fn–DA to determine if these
two populations might respond differently. At each time point,
we found that collagen-colocalized Fn–DA was more compact
than non-collagen-colocalized Fn–DA, and that both popula-
tions appeared to be progressively unfolded over time (Fig. 4c
and d) to within our measurement resolution (0.621 ! 0.621 !
2.0 mm).

Fig. 3 Fn structure and Fn–DA FRET labeling. (a) Cartoon of a Fn

monomer depicting multiple cell and ECM binding sites (adapted

from Vogel, Annu. Rev., 2006). Yellow sphere represents the 12 nm

radius of potential energy transfer to acceptor labeled cysteines (twice

the Förster radius). Donors are randomly labeled at amines at an

average of 7 donors and 4 acceptors per molecule. (b) Probability

density functions (PDFs) of the FRET ratios from Fn–DA in solution

with increasing concentrations of the denaturant GdnHCl. (c) Mean

values for the histograms depicted in b. Fn begins to lose its secondary

structure at or below 1 M GdnHCl (Ia/Id = 0.40) and is completely

denatured at 4 M GdnHCl (Ia/Id = 0.29). (b, c) The average ("SD) of

5 fields of view under each condition.

Fig. 4 FRET measurement of Fn conformation in microtissues.

(a) PDFs of total Fn–DA measured in microtissues fixed after 24,

48 or 72 hours of remodeling, or after 72 hours of remodeling with

acute (2 hours prior to fixing) incubation with 50 mM blebbistatin.

Corresponding values from Fn–DA in solutions of 0 M, 1 M, 2 M

and 4 M GdnHCl denaturant are indicated. (b) Box and whiskers plot

of the median FRET values within microtissues depicted in a. (c)

Scaled PDFs showing separate populations of collagen-colocalized

Fn–DA and non-collagen-colocalized Fn–DA. PDFs are scaled such

that the areas under each curve equal the percent of either collagen-

colocalized Fn–DA or non-collagen-colocalized Fn–DA at each time

point. (d) Box and whiskers plot of the median FRET values within

microtissues depicted in c showing either collagen-colocalized Fn–DA

or non-collagen-colocalized Fn–DA. (e) Percent of Fn–DA within

microtissues fixed at each time point that is either colocalized

with collagen, or non-colocalized with collagen. (f) Percent of either

collagen-colocalized, non-collagen-colocalized, or total Fn–DA

present in microtissues with a loss in secondary structure (FRET

ratios below that of Fn in 1 M GdnHCl). (g) Average density maps

of the FRET ratios (Ia/Id) within microtissues from a–f. Corres-

ponding denaturation points are indicated on the colorbar. All data

and images were computed from 10 microtissues within each condi-

tion. Data in a–f were computed from the raw experimental data and

not from the density maps. Data from a and c are the compiled PDFs

for all microtissues within a given condition. Data from e are mean

values " SD.
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Interestingly, there was a gradual shift from predominantly
collagen-colocalized Fn–DA (83% colocalized vs. 17%
non-colocalized after 24 hours) to nearly equal amounts of
colocalized and non-colocalized Fn–DA after 72 hours (48%
colocalized vs. 52% non-colocalized) (Fig. 4e). These two
factors combined result in an increase in the amount of total
Fn–DA presented to cells that has a loss in secondary structure
(as based on the GdnHCL data) from 1%, 3% to 13% after 24,
48 and 72 hours, respectively (Fig. 4f).

Cellular contractility and microtissue geometry direct 3D
gradients in fibronectin conformation

Average FRET values within a microtissue only represent a
limited view of the story. In contrast to soluble factors which
are capable of diffusing throughout the tissue, conformational
changes in the structure of Fn will only signal to cells if they
are capable of physically interacting with the molecule (i.e.
cells within tens of microns of a given binding site). We thus
sought to determine whether the gradients in Fn concentration
we observed previously also correlated with gradients in the
conformation of the Fn–DA molecules by taking average
density maps of the FRET signal within the microtissues.
We found that after 24 hours, Fn–DA appeared to primarily
be adsorbed to the collagen gel with no clear conformational
gradients present in the tissue. However over the course
of remodeling, Fn–DA became progressively fibrillar and
increasingly strained with clear gradients emerging in both
the horizontal and vertical tissue planes (Fig. 4g and Movies
S1–S3, ESIw). The highest FRET ratios (compact Fn–DA)
occurred at the core of the constructs, in regions where dense
collagen staining was also observed. In contrast, the lowest
FRET ratios (mechanically stretched Fn–DA) occurred
predominantly near the surface of the microtissue, in regions
that were spatially separated from the collagen scaffold. Acute
treatment with blebbistatin did not shift the spatial FRET
distributions, but rather increased the FRET signal within
both the core and periphery of the microtissue.

Within this geometry, we observed gradients in Fn–DA
conformation that appeared to be correlated with regions of
the tissue that would be subjected to high mechanical tension.
Moreover, previous studies have shown that the presence of
Fn can dramatically increase the ability of cells to compact a
collagen scaffold.21 We therefore wanted to measure whether
increases in tissue stress occurred concurrently with the
assembly of a fibrillar Fn matrix. However, as the cantilevers
in the 4-post configuration are rigid, we could not directly
measure the tissue stress. To address this, we next cultured
microtissues within PDMS molds that contained 2 flexible
cantilevers (400 mm ! 800 mm ! 150 mm deep) (Fig. 5a and
Movies S6, S7, ESIw). We utilized multilayer SU-8 photolitho-
graphy to generate wide caps at the tips of the flexible
cantilevers17 that serve to anchor the tissue even when the
cantilever becomes highly deflected. By displacing the canti-
lever tip with a MEMS strain sensor, we determined the
cantilever spring constant to be 148 " 35 nN mm#1 which was
linear over the range of displacements tested (Fig. 5b and c). This
spring constant was then used to relate cantilever bending to
microtissue force.

Increases in microtissue stress occur concurrently with the
peripheral assembly of a progressively unfolded fibrillar
fibronectin matrix

In microtissues tethered to two flexible cantilevers, we found
that tissue tension increased during the first 24 hours and then
leveled off at approximately 5.5 mN before a moderate increase
in force between 48 and 72 hours to 6.7 mN (Fig. 5d and Table
S2, ESIw). The cross-sectional area of the elongated micro-
tissues decreased dramatically between 24 and 48 hours, but

Fig. 5 Increases in tissue stress occur concurrently with the assembly

of a progressively unfolded fibrillar Fn matrix. (a) Schematic of 2 post

mTUG molds generated from multilayer SU-8 photolithography.

(b) Calibration of cantilever spring constants and corresponding

transmitted light images of cap deflection. A representative plot of

force vs. cap displacement is shown. Inset: calculated spring constant

(k = 148 " 35 nN mm#1 (SD) for n = 15 measurements, 5 cantilevers

each across 3 substrates). (c) Representative top down and cross-

section views for microtissues showing Fn (green), collagen (pink) and

DAPI (blue) after 48 hours of remodeling. Dashed boxes indicate

regions for calculation of cross-sectional area, cross-sectional stress

and Fn–DA FRET. Scale bar = 100 mm. (d) Box and whiskers plot of

tissue tension for 2-post microtissues fixed after 24, 48 and 72 hours of

remodeling, or after 72 hours of remodeling with acute (2 hours prior

to fixing) incubation with 50 mM blebbistatin. (e) Box and whiskers

plot of cross-sectional area for tissues under the same conditions as d.

(f) Box and whiskers plot of cross-sectional stress for tissues under

the same conditions as d. (g) Scatter plot for the median FRET ratio

(Ia/Id) vs. cross-sectional stress for tissues under the same conditions

as d. (d—g) Computed from 25 individual microtissues under each

condition.
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cord. In this study, the density of CSPG surrounding
the injury site was quantified following a subacute
SCI. The density of NG2 staining surrounding the
injury site in groups treated with fibrin scaffolds
was not different from control groups (p > 0.1) (Fig.
8). Treatment with fibrin scaffolds did not alter NG2
deposition, which is associated with an increase in
axonal regeneration inhibition. In the untreated con-
trol group at 2 and 4 weeks, the area bordering the
injury site was densely stained with NG2 and was
accompanied by Tuj1-positive fibers that colocalized
with the NG2 staining at the border but did not
extend into the lesion site. In contrast, the NG2
staining at the lesion border of the fibrin-treated
group was more diffuse than controls and accompa-
nied by Tuj1-positive fibers extending from the
healthy tissue into the lesion site.

The deposition of NG2 seen in both experimental
groups is consistent with deposition following SCI
seen in other studies.20,21 Furthermore, NG2-labeled
cells were observed frequently within the lesion site
of the fibrin-treated groups, which suggests that
these cells migrated from the host tissue into the
lesion site. These NG2-positive cells within the lesion
site were often colocalized with neural fibers that
stained positively for Tuj1 (Fig. 6).

Some of the labeled cells formed tubular structures
that have been described previously22 as being asso-
ciated with neovasculature (Fig. 6). The tubular
structures were seen in all of the sections from
fibrin-treated animals at 2 and 4 weeks and in some
of the control group at 4 weeks. The structures were
not seen in the untreated control group at 2 weeks
post treatment.

Figure 6. Staining of neural fibers, astrocytes, and NG2 CSPGs. Images (A and B) of the lesion border stained with Tuj1
(red) and GFAP (green). White dashed line indicates glial border and ‘‘L’’ indicates lesion site. (A) The lesion border from
the 4 week untreated control group showing neural fibers associated with the glial border and that do not extend past the
border. (B) Image of the lesion border from the 4 week fibrin-treated group showing neural fibers that extend past the glial
border and are found in the lesion. The neural fibers are accompanied by elongated glial processes of GFAP-positive astro-
cytes that accompany the neural fibers into the lesion site. (C) The image of NG2-positive tubular structures (Green) in
close association with Tuj1-positive neurons (Red). NG2-positive cells were also seen to colocalize and surround neural
fibers that stained positively for Tuj1. (D) The image colocalization of NG2 staining (Green) and Tuj1 staining (Red) resem-
bling myelination of neural fibers. (Scale bar 5 100 lm).
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and 4 weeks following treatment with fibrin scaf-
folds. Two weeks following injury, the group treated
with fibrin scaffolds had a significant decrease in the
density of GFAP staining surrounding the injury site
when compared with the untreated control group at
both 2 and 4 weeks (p < 0.05, 2 week fibrin-treated
vs. 2 and 4 week untreated controls, n 5 6 for each
experimental group). The density at 2 weeks was
!21% in rats treated with fibrin scaffolds compared
to !33% measured in 2 and 4 week untreated con-
trol groups (Fig. 7). GFAP density at 4 weeks in the
fibrin-treated group was not significantly different
from other experimental groups (p > 0.05, 4 week
fibrin vs. all experimental groups). These results sug-
gest that the fibrin scaffolds delay the accumulation
of GFAP-positive astrocytes at the lesion border. Fur-
thermore, in fibrin-treated groups at 2 weeks, GFAP
staining was found in both the periphery and the
center of the lesion, suggesting that the cells
migrated from the lesion border into the lesion.
Qualitatively, the overall GFAP staining within the
lesion was lower in the untreated control group and

the 4 week fibrin-treated group when compared
with the 2 week fibrin-treated group.

NG2 density

CSPGs have been shown to prevent the regenera-
tion of neural tissue following injury of the spinal

Figure 4. Nuclear staining of sagittal sections of lesion area of (A) untreated control (B) fibrin-treated group 2 weeks after
treatment of subacute SCI. White line on the sections outlines the lesion border. Lesions from the fibrin-treated group (B)
have more cell nuclei compared to untreated controls (A). (Scale bar 5 200 lm).

TABLE I
Cross-Sectional Lesion Area (mm2)

Time point 2 week 4 week
Control 1.82 6 0.71 1.22 6 0.39
Fibrin Pre-Pol 1.84 6 0.67 1.60 6 0.49

Figure 5. Neural fiber density within the lesion site.
Fibrin scaffolds enhanced neural fiber density within the
lesion site 2 and 4 weeks following implantation when
compared to untreated control groups at the same time
point. (Error bars represent standard deviation, * denotes p
< 0.05 versus untreated control).
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Figure	  5.	  Switch-‐like	  hydrogel	  stiffening	  induces	  phenotypic	  cellular	  changes.	  
(A)	  Methacrylated	  hyaluronic	  acid	  (MeHA)	  hydrogel	  is	  initially	  gelled	  by	  
crosslinking	  with	  DTT.	  At	  a	  user-‐defined	  time	  point	  later,	  stiffening	  is	  induced	  by	  
secondary	  crosslinking	  via	  UV	  light	  photoinitiation.	  (B)	  Rheological	  data	  show	  
switch-‐like	  stiffening	  of	  Me-‐HA	  only	  with	  UV-‐initiated	  radical	  polymerization.	  (C)	  
Morphology	  and	  cell	  area	  after	  the	  stiffness	  “switch”	  at	  one	  day	  of	  soft	  culture	  is	  
similar	  to	  that	  of	  hMSCs	  cultured	  on	  the	  stiff	  material	  for	  the	  entire	  period.	  
Reproduced	  from	  Guvendiren	  and	  Burdick105.	  
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Figure	  6.	  Engineering	  matrix	  proteins	  with	  cell-‐induced	  degradability	  
enhances	  implanted	  hydrogel	  regenerative	  potential.	  (A)	  Exogenous	  cysteine	  
residues	  were	  added	  to	  VEGF121	  such	  that	  the	  growth	  factor	  could	  be	  presented	  as	  a	  
pendant	  molecule	  onto	  a	  PEG-‐VS	  scaffold	  crosslinked	  with	  free-‐thiol	  bearing,	  MMP-‐
sensitive	  peptides	  also	  presenting	  RGD	  as	  a	  pendant	  molecule.	  The	  empty	  star	  
indicates	  endogenous	  reactive	  cysteine.	  The	  filled	  star	  indicates	  exogenous	  reactive	  
cysteine.	  (B)	  Neither	  the	  control	  hydrogel	  without	  VEGF	  nor	  the	  hydrogel	  with	  
soluble	  VEGF	  elicited	  an	  angiogenic	  response	  after	  engraftment	  into	  a	  chicken	  
chorioallontoic	  membrane	  (CAM)	  membrane.	  Conversely,	  the	  PEG	  hydrogel	  
presenting	  VEGF	  bound	  to	  the	  scaffold	  via	  both	  MMP-‐	  and	  plasmin-‐sensitive	  tethers	  
resulted	  in	  a	  highly	  localized	  angiogenetic	  response	  when	  grafted	  into	  a	  CAM	  
membrane.	  Adapted	  from	  Zisch	  et	  al117.	  (C)	  Transglutaminase	  factor	  XIIIa	  was	  used	  
to	  crosslink	  an	  engineered	  MMP-‐sensitive	  peptide	  with	  a	  glutamine	  donor	  (Gln)	  
peptide	  and	  a	  fusion	  Gln-‐RGD	  peptide	  with	  PEG-‐CS.	  (D)	  Neonatal	  normal	  human	  
dermal	  fibroblasts	  within	  MMP-‐sensitive	  gels	  show	  extensive	  spreading	  and	  form	  
connections	  with	  other	  cells.	  Non-‐resorbable	  gels	  (MMP-‐insensitive)	  prevent	  cell	  
spreading	  and	  organization.	  Adapted	  from	  Ehrbar	  et	  al122.	  
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Figure 6. VEGF-conjugated PEG-peptide hydrogel matrices can induce and guide vascularized tissue growth. 
Grafting studies were performed in the embryonic chick assay and in adult rats. A–H) Angiogenic effects of PEG-peptide 
hydrogels formulated with soluble VEGF, conjugated VEGF, or no VEGF. Gels were grafted atop the embryonic Day 9 
chicken CAM. Representative stereomicrographs (A–E) permit views of the responding graft site as well as the 
surrounding CAM 48 h after grafting. Black arrows indicate areas of neovessel formation. A) Control gels with no VEGF 
did not induce new vessels; (B) Diffusive release of soluble VEGF121-Cys strongly increases capillary growth in the vast 
surrounding of the graft. C) Angiogenic effect of matrix-conjugated VEGF165. Consistent with local liberation of VEGF, a 
highly localized angiogenic response is obtained precisely at the area of graft-membrane contact. D, E) Higher-resolution 
images of angiogenic effects of gel-conjugated VEGF121-Cys or VEGF165 (same gel as in C). F–H) Fluorescence 
microscopic images of CAM vasculature perfused with FITC dextran 48 h after grafting. Images show CAM zones in 
close vicinity to the gel grafts. F) Control gels (no VEGF) did not affect vessel growth. G) Diffusive release of soluble 
VEGF121-Cys evoked massive, brush-like capillary growth (indicated by white arrows) in the surrounding of the gel. F, H) 
CAM vasculature around gel grafts formulated with matrix-bound VEGF121-Cys, or no VEGF, exhibits normal vessel 
morphology. I–L) Subcutaneous implantation experiments in rats show that these VEGF-conjugated hydrogels can induce 
cell migration and blood vessel growth into the matrix to generate new tissue in place of the material. Porous PU discs 
were used as containments for VEGF-conjugated PEG-peptide hydrogel matrices, subcutaneously placed in adult, normal 
rats, and retrieved after 14 days. The implant sections were histochemically stained for blood vessels with antibodies 
specific for rat CD31 (blue color) and were counterstained with nuclear red to stain nuclei of all cells. Microscopic 
inspection revealed complete resorption of the filler matrices and replacement by cellularized tissue throughout 
degradable hydrogel implants. I) VEGF121-Cys- conjugated gel matrix; (J) VEGF165-conjugated gel matrix. K) Gel matrix 
with no VEGF. Poor cell and vessel ingrowth were observed. L) No cell ingrowth, and no gel resorption was observed in 
PEG-peptide hydrogels prepared with a scrambled, MMP-insensitive substrate peptide in the polymer backbone. 
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increasing TG-Gln-RGD concentration in the reaction mixture.
Although the actual limit was not determined in this study, these
changes in macroscopic properties were not considered to be
significant at least up to around a 5% molar ratio of TG-Gln-
RGD over the Lys substrates. At a molar ratio slightly above
20%, the elasticity dropped by a factor of ca. 2 in both 5% and
10% hydrogels. The observed drop in macroscopic structural
properties with increasing TG-Gln-RGD is not surprising in light
of the fact that the stoichiometry is off-balance to this extent,
creating large numbers of dangling chains bearing nonreacted
glutamine donor sites. This aspect has to be taken into
consideration for certain applications requiring very high doses
of tethered biomolecule ligands. However, such high concentra-
tions of bound cell adhesion ligands are not necessary to support
morphologically normal cell adhesion, as demonstrated in a
following set of experiments.
TG-Gln-RGD-Modified Networks Support Controlled Cell

Adhesion (Figure 5). The cellular response of TG-Gln-RGD
network modification was tested in a functional in vitro assay.
Factor XIIIa-catalyzed incorporation of the TG-Gln-RGD above
10 µM, corresponding to a ca. 0.5% molar ratio of TG-RGD/
Lys substrates, makes these novel gels adhesive for primary
fibroblasts (Figure 5A,B). Importantly, because of the near-
quantitative biomolecule incorporation at low concentrations
(Figure 3), the extent of spreading on the gel surfaces is tunable
by the concentration of incorporated ligands (Figure 5A), as
quantified here by the projected cell spreading area (Figure 5B).
At a concentration of ca. 100 µM (molar ratio of 4.3%), we
obtain spreading characteristics comparable to the standard tissue
culture plastic surface. Fibroblast adhesion is ligand-specific,
since the lack of covalently coupled RGD ligand does not permit
significant spreading.
Hydrogels are Degradable by Soluble Proteolytic Enzymes

(Figure 6). To design these networks with susceptibility to
degradation by proteolytic enzymes,20 GPQGVIWGQ, a substrate
for MMPs, was placed next to the lysine donor peptide Ac-
FKGG as described above. Indeed, our otherwise stable aECMs
are readily degraded when exposed to active MMP-1 (Figure

6B). Individual cleavage of elastically active chains throughout
the entire gel volume (i.e., bulk mechanism as opposed to
surface-mediated degradation) leads to an exponential increase
of the swollen gel mass over time up to 3 times the original
value before complete gel breakdown occurs. Importantly, gels
containing the MMP-insensitive sequence GDQGIAGF are
stable over prolonged periods of time (up to several weeks, i.e.,
the longest periods tested) underscoring the specificity in
enzyme-responsiveness obtained by molecular design.
Hydrogels are Degradable by Cell-Derived Proteases

(Figure 7). The biological performance of the novel gels was
assessed by the growth of individually dispersed cells in the
matrix. Primary human fibroblasts known to secrete active
MMPs20 show a viability of higher than 95% when encapsulated
three-dimensionally in these gels, suggestive of the physiological
character and specificity of the employed enzymatic cross-
linking reaction (see Figure S9 in the Supporting Information).
Viability after 24 h is independent of proteolytic matrix
sensitivity. Within only 1 week in culture in loosely cross-linked
matrixes (i.e., formed at e2% polymer content) containing
substrates for MMPs as well as cell adhesion ligands, extensive
migration and proliferation leads to the formation of a intercon-

Figure 6. Gel degradation by proteolytic enzymes (A). Incorporation
of an MMP-sensitive peptide substrate makes gels susceptible to the
action of these enzymes, as shown in the swelling curves in response
to incubation with MMP-1 (B).

Figure 7. Gel degradation by cell-derived MMPs (A). Single,
dispersed cells are capable of locally degrading the surrounding MMP-
sensitive gel network via cell-secreted active MMPs (B, Scale bar:
100 µm). Extensive spreading, proliferation, and migration of cells
lead to the formation of an interconnected cellular network after one
week in culture within 1.5% gels. At 2% precursor content, network
formation is substantially reduced, while spindle-shaped cells can still
be found. Notably, the absence of proteolytic matrix susceptibility
reduces the extent of cell spreading and 3D morphogenetic cellular
organization at 2%, while it can still be observed in softer gels (1.5%).
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increasing TG-Gln-RGD concentration in the reaction mixture.
Although the actual limit was not determined in this study, these
changes in macroscopic properties were not considered to be
significant at least up to around a 5% molar ratio of TG-Gln-
RGD over the Lys substrates. At a molar ratio slightly above
20%, the elasticity dropped by a factor of ca. 2 in both 5% and
10% hydrogels. The observed drop in macroscopic structural
properties with increasing TG-Gln-RGD is not surprising in light
of the fact that the stoichiometry is off-balance to this extent,
creating large numbers of dangling chains bearing nonreacted
glutamine donor sites. This aspect has to be taken into
consideration for certain applications requiring very high doses
of tethered biomolecule ligands. However, such high concentra-
tions of bound cell adhesion ligands are not necessary to support
morphologically normal cell adhesion, as demonstrated in a
following set of experiments.
TG-Gln-RGD-Modified Networks Support Controlled Cell

Adhesion (Figure 5). The cellular response of TG-Gln-RGD
network modification was tested in a functional in vitro assay.
Factor XIIIa-catalyzed incorporation of the TG-Gln-RGD above
10 µM, corresponding to a ca. 0.5% molar ratio of TG-RGD/
Lys substrates, makes these novel gels adhesive for primary
fibroblasts (Figure 5A,B). Importantly, because of the near-
quantitative biomolecule incorporation at low concentrations
(Figure 3), the extent of spreading on the gel surfaces is tunable
by the concentration of incorporated ligands (Figure 5A), as
quantified here by the projected cell spreading area (Figure 5B).
At a concentration of ca. 100 µM (molar ratio of 4.3%), we
obtain spreading characteristics comparable to the standard tissue
culture plastic surface. Fibroblast adhesion is ligand-specific,
since the lack of covalently coupled RGD ligand does not permit
significant spreading.
Hydrogels are Degradable by Soluble Proteolytic Enzymes

(Figure 6). To design these networks with susceptibility to
degradation by proteolytic enzymes,20 GPQGVIWGQ, a substrate
for MMPs, was placed next to the lysine donor peptide Ac-
FKGG as described above. Indeed, our otherwise stable aECMs
are readily degraded when exposed to active MMP-1 (Figure

6B). Individual cleavage of elastically active chains throughout
the entire gel volume (i.e., bulk mechanism as opposed to
surface-mediated degradation) leads to an exponential increase
of the swollen gel mass over time up to 3 times the original
value before complete gel breakdown occurs. Importantly, gels
containing the MMP-insensitive sequence GDQGIAGF are
stable over prolonged periods of time (up to several weeks, i.e.,
the longest periods tested) underscoring the specificity in
enzyme-responsiveness obtained by molecular design.
Hydrogels are Degradable by Cell-Derived Proteases

(Figure 7). The biological performance of the novel gels was
assessed by the growth of individually dispersed cells in the
matrix. Primary human fibroblasts known to secrete active
MMPs20 show a viability of higher than 95% when encapsulated
three-dimensionally in these gels, suggestive of the physiological
character and specificity of the employed enzymatic cross-
linking reaction (see Figure S9 in the Supporting Information).
Viability after 24 h is independent of proteolytic matrix
sensitivity. Within only 1 week in culture in loosely cross-linked
matrixes (i.e., formed at e2% polymer content) containing
substrates for MMPs as well as cell adhesion ligands, extensive
migration and proliferation leads to the formation of a intercon-

Figure 6. Gel degradation by proteolytic enzymes (A). Incorporation
of an MMP-sensitive peptide substrate makes gels susceptible to the
action of these enzymes, as shown in the swelling curves in response
to incubation with MMP-1 (B).

Figure 7. Gel degradation by cell-derived MMPs (A). Single,
dispersed cells are capable of locally degrading the surrounding MMP-
sensitive gel network via cell-secreted active MMPs (B, Scale bar:
100 µm). Extensive spreading, proliferation, and migration of cells
lead to the formation of an interconnected cellular network after one
week in culture within 1.5% gels. At 2% precursor content, network
formation is substantially reduced, while spindle-shaped cells can still
be found. Notably, the absence of proteolytic matrix susceptibility
reduces the extent of cell spreading and 3D morphogenetic cellular
organization at 2%, while it can still be observed in softer gels (1.5%).
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Figure	  7.	  Environment-‐responsive	  drug	  delivery	  vehicles	  support	  cell-‐
mediated	  release.	  (A)	  Micelles	  were	  formed	  from	  self-‐assembling	  polymers	  
containing	  PEG,	  aspartate,	  and	  the	  anti-‐tumor	  drug	  adriamycin	  (ADR)	  where	  ADR	  
was	  bound	  to	  aspartate	  by	  a	  pH-‐sensitive	  hydrazone	  bond,	  designed	  to	  release	  the	  
payload	  upon	  the	  acidic	  tumor	  environment.	  (B)	  Micelles	  from	  (A)	  release	  their	  
payload	  inside	  tumor	  cells	  (Nuclei-‐blue;	  ADR-‐pink).	  Reproduced	  from	  Bae	  et	  al133.	  
(C)	  Reduction-‐sensitive	  micelles	  consisting	  of	  the	  diblock	  copolymer	  PEG-‐SS-‐PCL	  
were	  designed	  to	  shed	  their	  PEG	  layer	  under	  reductive	  conditions	  such	  as	  high	  GSH	  
concentrations	  indicative	  of	  the	  cytosol	  providing	  location-‐specific	  drug	  release.	  (D)	  
Fluorescent	  microscopy	  of	  micelle	  uptake	  into	  mouse	  leukemic	  monocyte	  
macrophage	  (RAW)	  cells	  after	  2	  hours	  shows	  that	  micelles	  rendered	  reduction-‐
insensitive	  without	  the	  disulfide	  bond	  (i)	  released	  much	  less	  payload	  than	  
reduction-‐sensitive	  micelles	  (ii).	  Reproduced	  from	  Sun	  et	  al135.	  
	  

The Micelles Suppress Tumor Growth in Mice
with Enhanced Therapeutic Efficacy and Lowered
Toxicity. The animal tests revealed that the micelles
exerted an effective antitumor activity over a broad range
of injection doses to suppress tumor growth in mice,
showing some of the clear comparisons with ADR (Figure
5). In the case of ADR, tumor growth was suppressed
with a 10 mg/kg dose, but the mice treated with a 15 mg/
kg dose were dead due to the drug’s toxicity. This
corresponds well to the fact that the lethal dose of ADR
killing 50% of the test animals within a designated
period, called LD50, is generally 12.7-13.2 mg/kg. On the
contrary, the micelles were safely injectable up to a 40

mg/kg dose, while three of six mice were completely cured
and there was no death among the treated mice. Notably,
the body weights of the mice that slightly decreased
during the micelle administration recovered, or even
increased, on day 30 with respect to the controls (Table
2). Such behavior was not observed in the case of ADR,
and the mice were emaciated with a 10 mg/kg dose that
was the optimum dose for ADR to suppress tumor
growth. Namely, the therapeutic efficacy of the micelles
was significantly improved over that of ADR within this
animal experiment setting, which distinguishes the mi-
celles from ADR that has a narrow therapeutic window
between 10 and 15 mg/kg. In the meantime, the tumor-
suppressing antitumor activity of the micelles is shown
from a 20 mg/kg dose. The micelles also extended the
duration of tumor growth reaching a 5-fold initial tumor
volume up to 22 and 28 days for the 20 and 40 mg/kg
doses, respectively. These results indicate that the mi-
celles achieved both enhanced therapeutic efficacy and
a reduced toxicity of the loaded drugs, which are of great
advantage to create effective and safe drug carrier
systems.

The Micelles Circulate for a Long Time in the
Blood and Selectively Accumulate in Solid Tumors.
Effective antitumor activity and low toxicity imply that
the micelles are stable in the blood without drug release
(or leakage); therefore, their systemic and local distribu-
tion may dominate the tumor-suppressing antitumor
activity. To demonstrate this, we investigated the in vivo
dispositions of the micelles in detail using a biodistribu-
tion study. The levels of the micelles in the blood, tumor,
and major organs, such as the heart, kidney, liver, and
spleen, are expressed as percentage of each dose at
specific times after the intravenous injection (Figure 6A).
As summarized in Table 3, the micelles circulated in the
blood for a prolonged time, and the area under the
concentration curve (AUC) of the blood was 15-fold
greater than that of ADR. In particular, it is noteworthy
that the AUC values of the micelles in the heart and
kidney decreased as compared to ADR, indicating that
their tumor selectivity (AUCtumor/AUCorgan) increased 6-
and 5-fold higher with respect to the heart and the
kidney, respectively. Such tumor-selective accumulation
of the micelles may reduce the side effects of ADR such
as cardiotoxicity and nephrotoxicity. In the meantime,
the micelles showed a relatively low uptake in the liver
and spleen despite the long residence time in the blood
in comparison with tumors. These results suggest that
the micelles may rapidly evacuate from these reticular

Figure 4. Observation of tumor permeability and intracellular
drug release behaviors of the micelles. (A) CLSM observations
showed the time-dependent change in the fluorescence intensi-
ties of ADR in the micelle system in MCTS. The images showed
that the micelles can access the inside of the MCTS and release
the loaded drugs (bar ) 100 µm). (B) The intracellular drug
release and localization of the micelles in each cell of MCTS
were observed in detail using a high-magnification 63× objec-
tive. The images clearly demonstrated that the micelles inter-
nalized into the cells and released drugs, and that the released
drugs eventually accumulated in the cell nuclei (bar ) 50 µm).

Table 2. In Vivo Antitumor Activity of the Micelles
against C26 Tumor-Bearing Mice

sample
dose

(mg/kg)a

body weight
change on

day 30 (%)b
toxic
death

duration
days of
tumor

growthc
complete

cure

control 0 -2.18 ( 1.74 0/6 3.7 0/6
ADR 5 -13.35 ( 0.59 0/6 4.2 0/6

10 -16.84 ( 1.26 0/6 14.6 1/6
15 - 6/6 - -

micelle 5 -0.89 ( 1.68 0/6 3.9 0/6
10 -4.51 ( 1.44 0/6 4.0 0/6
20 3.13 ( 1.60 0/6 22.1 2/6
40 -4.07 ( 0.92 0/6 27.9 3/6
60 - 6/6 - -

a Administrations were carried out three times with a 4-day
interval, and doses were determined in free ADR equivalents.
b Body weights were measured on day 30 after the first injection
to compare the long-term toxicity between ADR and the micelles.
Values are expressed as mean ( SEM. c Duration time to reach
5-fold initial tumor volume.
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conjugated to the core-forming segments through the
hydrazone linkers that are stable under physiological
conditions (pH 7.4) but cleavable under acidic intracel-
lular environments in endosomes and lysosomes (pH
5-6). This carrier design allows the micelle to safely
protect hydrophobic drugs from the host defense system
in the body and to selectively exert cytotoxicity due to
intracellular pH-triggered drug release, improving both
the delivery effect and therapeutic efficacy of the drugs
(21). Therefore, the characteristic in vitro and in vivo
behaviors of the micelles would offer intriguing informa-
tion taking into account the future design and develop-
ment of bioresponsive supramolecular carrier systems for
the intracellular trafficking of biologically active mol-
ecules.

EXPERIMENTAL PROCEDURES

Materials. !-Benzyl-L-aspartate was from Sigma and
R-methoxy-ω-amino poly(ethylene glycol) (PEG; MW )

12 000) was from Nippon Oil & Fats, Japan. PEG was
purified using an ion-exchange gel column (CM-Sephadex
C-50, Amersham Pharmacia Biotech) prior to the syn-
thesis of the block copolymers. Adriamycin hydrochloride-
(ADR-HCl) was from Nippon Kayaku, Japan, and its
purity was checked by reversed phase liquid chro-
matograpy (RPLC). Sephadex LH-20 gel was from Am-
ersham Pharmacia Biotech, Sweden.

Cell Lines and Animals. A human small cell lung
cancer cell line SBC-3 and murine colon adenocarcinoma
26 (C26) cells were from the National Cancer Center
Research Institute, Japan, and cultured in a medium
(DMEM, Sigma, St. Louis, MO) containing 10% fetal
bovine serum in a humidified atmosphere with 5% CO2
at 37 °C. CDF-1 mice (female, 6 weeks old) were from
Charles River, Japan. The animals were cared for and
all experiments were performed in compliance with the
Guide for the Care and Use of Laboratory Animals as
adopted and promulgated by the National Institutes of
Health.

Preparation of the pH-Sensitive Polymeric Mi-
celles. The self-assembling amphiphilic block copolymer,
PEG-p(Asp-Hyd-ADR), was synthesized as reported else-
where (22). Briefly, poly(ethylene glycol)-poly(!-benzyl-
L-aspartate) (PEG-PBLA) was synthesized from the ring-
opening polymerization of !-benzyl-L-aspartate N-carboxy-
anhydride using PEG as a macro initiator, followed by
substitution of the benzyl groups of PEG-PBLA with
hydrazide groups for drug binding (see also Supporting
Information). Unbound ADR was completely removed
using Sephadex LH-20 gel, and the obtained polymers
were redissolved in dimethylacetamide to prepare the
micelle by a dialysis method.

Evaluation of Acid-Sensitive Drug Release from
the Micelles. Reversed phase liquid chromatograpy
(RPLC) analysis, using a µ-Bondasphere 5 µm C4-300A
column (Nihon Waters, Japan), was used to assess the
pH sensitivity of the micelle. The micelle with a 10 mg/
mL concentration was incubated under various buffered
conditions from pH 7.4 to 3.0 [20 mM phosphate buffer
(pH 7.4-6.0), 20 mM acetate buffer (pH 5.8-3.0)], and
time- and pH-dependently released drugs were measured
from the peak intensity by a UV detector (485 nm).

Observations on Intracellular Drug Release and
Localization of the Micelles. Multicellular tumor
spheroid (MCTS) was prepared from a C26 cell line using
a spheroid culture plate, Sumiloncelltight (Sumitomo
Bakelite, Japan); 200 µm size MCTS were sorted and
used for the experiments. Fluorescence images were
observed using a confocal laser scanning microscope
(LSM 510, Carl Zeiss, Germany) with a 20× objective
(Plan-Apochromat, Carl Zeiss, Germany) and a 63×
objective (C-Apochromat, Carl Zeiss, Germany) at excita-
tion wavelengths of 488 nm (Ar laser) and 364 nm (UV
laser) for ADR and Hoechst 33258, respectively. The
concentrations of the micelles in the medium were
adjusted to 10 µg/mL (ADR equivalent). All images were
acquired and processed with the accompanying software.

In Vitro Growth Inhibition Assay. A tetrazolium
dye method, called the MTT assay, was used to evaluate
the growth-inhibitory effect of the micelle. Using 96-well
culture plates, exponentially growing SBC-3 cells were
seeded (2000 cell/well) and preincubated for 24 h, fol-
lowed by coincubation with ADR and the micelle samples.
After exposure for 3, 10, and 24 h, the medium was
discarded and each cell was reincubated in fresh medium
for another 24 h. The cells were then counted using a
Bio-RAD Microplate Reader 550 (Bio-Rad Laboratories
Inc.).

Figure 1. Preparation of tumor-infiltrating polymeric micelles
with intracellular pH-sensitivity. (A) Micelles with tens of nm
size diameter were prepared from self-assembling amphiphilic
block copolymers, PEG-p(Asp-Hyd-ADR), in which the antican-
cer drug, adriamycin (ADR), was conjugated through acid-
sensitive hydrazone linkers. (B) The micelles released the loaded
drugs under acidic conditions below pH 6.0 corresponding to
intracellular space, but remained stable under the conditions
of vascular and extracellular space (pH 7.4-7.0).
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(THP)-protected 2-hydroxyethyl methacrylate) (Scheme 3) [22].
Micelles were disassembled under the following conditions: (i)
above the LCST, the PNIPAM block becomes hydrophobic, rendering
the copolymer insoluble in water and hence leading to loss of
assembly; (ii) by lowering the pH, the P(THP-HEMA) block becomes
hydrophilic, resulting in dissolution of the assembly; and (iii) in a
reducing environment, the block copolymer is cleaved into individual
homopolymers and hence the assembly is disrupted. This multi-
stimuli behavior might provide a unique possibility to fine-tune the
release kinetics of the encapsulated hydrophobic guest molecules. The

authors have shown that while the pH and redox stimulus by itself
exerted slow or incomplete release of nile red over a long period of
time, combination of both stimuli resulted in significantly accelerated
and more complete release of nile red. Zhang and coworkers
developed novel redox-sensitive diselenide-containing block copoly-
mer micelles that were rapidly disassembled in response to a low
concentration of reducing agent (GSH, 0.01 mg/mL) as well as oxidant
(H2O2, 0.01% v/v) [23].

As for other supramolecular structures, one practical issue of
micelles is their spontaneous dissociation at concentrations below

Scheme 3. Schematic representation of amphiphilic block copolymer which can respond to three stimuli: pH, temperature and redox [22].

Scheme 2. Schematic illustration of reduction-sensitive shell-sheddable biodegradable micelles based on PEG-SS–PCL block copolymer for efficient intracellular release of DOX
triggered by GSH [16].
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of 1/1.2. The resulting PEG-SS-PCL block copolymer was purified by
extensive washing with cold methanol to remove free PEG if
present. As shown in Fig. 3, peaks assignable to both PEG (d 3.63)
and PCL (d 4.10, 2.30, 1.65, and 1.35) were present in the 1H NMR
spectrum. Importantly, comparing the integrals of signals at d 3.63
and 4.10 pointed to an equivalent coupling of PEG and PCL.
Furthermore, GPC curve showed a unimodal distribution with a PDI
of 1.14 (Table 1). These results supported successful synthesis of
PEG-SS-PCL diblock copolymer. In this study, PEG–PCL diblock
copolymer with a similar composition was also prepared and used
as a control (Table 1).

3.2. Micelle formation and reduction-responsive destabilization

Micelles of PEG-SS-PCL and PEG–PCL block copolymers were
prepared by dialysis method. Dynamic light scattering (DLS)
measurements showed that PEG-SS-PCL formed micelles with sizes
of w240 nm (Fig. 4A). TEM micrograph revealed that these micelles
had a spherical morphology with an average size of w200 nm
(Fig. 4B). The smaller size observed by TEM as compared to that
determined by DLS is most likely due to shrinkage of the PEG shell.
The critical micelle concentration (CMC) was determined using
pyrene as a probe. PEG-SS-PCL showed a CMC of w6.6 mg/L, which
is lower than that of PEG–PCL control (CMC w18 mg/L).

The size change of micelles in response to 10 mM DTT in PB
buffer (pH 7.4, 50 mM) was followed by DLS measurement. Notably,
fast aggregation was observed for PEG-SS-PCL micelles, in which
micelle size increased from 230 nm to 329 nm in 2 h, reaching over
500 nm after 24 h (Fig. 5). The aggregates were formed due to most
probably reductive cleavage of the intermediate disulfide bonds,
which results in shedding of the PEG shells (Scheme 2). In contrast,
no change in micelle sizes was discerned after 24 h in the absence
of DTT under otherwise the same conditions.

3.3. Loading and reduction-triggered release of DOX

DOX is one of the most potent anticancer drugs and used widely
in the treatment of different types of solid malignant tumors
[38,39]. DOX is known to interact with DNA by intercalation and
inhibition of macromolecular biosynthesis [40]. It is crucial,
therefore, to deliver and release DOX in the cytoplasm and/or right
into the cell nucleus. The aim of this study was to develop triggered
intracellular delivery systems for DOX, which may lead to enhanced
cancer chemotherapy.

DOX was loaded into micelles by dialysis of a polymer/DOX
solution in DMSO against PB buffer. The theoretical drug loading
content was set at 10 wt%. The results showed that the drug loading
efficiencies were approximately 60% and 70% for PEG-SS-PCL
micelles and PEG–PCL micelles, respectively (Table 2). It should be
noted that after loading of DOX, PEG-SS-PCL micelles had smaller
sizes of ca. 56.3 nm. The release of DOX from PEG-SS-PCL micelles
was investigated using a dialysis tube (MWCO 12000) in pH 7.4 PB
buffer at 37 !C in the presence or absence of 10 mM DTT. In order to

Fig. 7. The intracellular release of DOX from the reduction-sensitive shell-sheddable
PEG-SS-PCL micelles followed by fluorescence microscopy using macrophage RAW
264.7 cells. The reduction insensitive PEG–PCL micelles were used as a control. RAW
264.7 cells were cultured in a disc containing 2 mL of DMEM media for two days to
w70% confluency (w2"105 cells/disc). The cells were incubated with DOX-loaded
micelles (15 mg DOX) for 2 or 24 h at 37 !C in a humidified 5% CO2-containing atmo-
sphere. The culture media were removed and the cells were rinsed two times with PBS
prior to the fluorescence observation. (a) after 2 h incubation with DOX-loaded PEG–
PCL micelles; (b) after 2 h incubation with DOX-loaded PEG-SS-PCL micelles; (c) after
24 h incubation with DOX-loaded PEG–PCL micelles; (c) after 24 h incubation with
DOX-loaded PEG-SS-PCL micelles; (e) cells cultured for 24 h without DOX-loaded
micelles (blank control).
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extensive washing with cold methanol to remove free PEG if
present. As shown in Fig. 3, peaks assignable to both PEG (d 3.63)
and PCL (d 4.10, 2.30, 1.65, and 1.35) were present in the 1H NMR
spectrum. Importantly, comparing the integrals of signals at d 3.63
and 4.10 pointed to an equivalent coupling of PEG and PCL.
Furthermore, GPC curve showed a unimodal distribution with a PDI
of 1.14 (Table 1). These results supported successful synthesis of
PEG-SS-PCL diblock copolymer. In this study, PEG–PCL diblock
copolymer with a similar composition was also prepared and used
as a control (Table 1).

3.2. Micelle formation and reduction-responsive destabilization

Micelles of PEG-SS-PCL and PEG–PCL block copolymers were
prepared by dialysis method. Dynamic light scattering (DLS)
measurements showed that PEG-SS-PCL formed micelles with sizes
of w240 nm (Fig. 4A). TEM micrograph revealed that these micelles
had a spherical morphology with an average size of w200 nm
(Fig. 4B). The smaller size observed by TEM as compared to that
determined by DLS is most likely due to shrinkage of the PEG shell.
The critical micelle concentration (CMC) was determined using
pyrene as a probe. PEG-SS-PCL showed a CMC of w6.6 mg/L, which
is lower than that of PEG–PCL control (CMC w18 mg/L).

The size change of micelles in response to 10 mM DTT in PB
buffer (pH 7.4, 50 mM) was followed by DLS measurement. Notably,
fast aggregation was observed for PEG-SS-PCL micelles, in which
micelle size increased from 230 nm to 329 nm in 2 h, reaching over
500 nm after 24 h (Fig. 5). The aggregates were formed due to most
probably reductive cleavage of the intermediate disulfide bonds,
which results in shedding of the PEG shells (Scheme 2). In contrast,
no change in micelle sizes was discerned after 24 h in the absence
of DTT under otherwise the same conditions.

3.3. Loading and reduction-triggered release of DOX

DOX is one of the most potent anticancer drugs and used widely
in the treatment of different types of solid malignant tumors
[38,39]. DOX is known to interact with DNA by intercalation and
inhibition of macromolecular biosynthesis [40]. It is crucial,
therefore, to deliver and release DOX in the cytoplasm and/or right
into the cell nucleus. The aim of this study was to develop triggered
intracellular delivery systems for DOX, which may lead to enhanced
cancer chemotherapy.

DOX was loaded into micelles by dialysis of a polymer/DOX
solution in DMSO against PB buffer. The theoretical drug loading
content was set at 10 wt%. The results showed that the drug loading
efficiencies were approximately 60% and 70% for PEG-SS-PCL
micelles and PEG–PCL micelles, respectively (Table 2). It should be
noted that after loading of DOX, PEG-SS-PCL micelles had smaller
sizes of ca. 56.3 nm. The release of DOX from PEG-SS-PCL micelles
was investigated using a dialysis tube (MWCO 12000) in pH 7.4 PB
buffer at 37 !C in the presence or absence of 10 mM DTT. In order to

Fig. 7. The intracellular release of DOX from the reduction-sensitive shell-sheddable
PEG-SS-PCL micelles followed by fluorescence microscopy using macrophage RAW
264.7 cells. The reduction insensitive PEG–PCL micelles were used as a control. RAW
264.7 cells were cultured in a disc containing 2 mL of DMEM media for two days to
w70% confluency (w2"105 cells/disc). The cells were incubated with DOX-loaded
micelles (15 mg DOX) for 2 or 24 h at 37 !C in a humidified 5% CO2-containing atmo-
sphere. The culture media were removed and the cells were rinsed two times with PBS
prior to the fluorescence observation. (a) after 2 h incubation with DOX-loaded PEG–
PCL micelles; (b) after 2 h incubation with DOX-loaded PEG-SS-PCL micelles; (c) after
24 h incubation with DOX-loaded PEG–PCL micelles; (c) after 24 h incubation with
DOX-loaded PEG-SS-PCL micelles; (e) cells cultured for 24 h without DOX-loaded
micelles (blank control).
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Statement of Novelty: 

 
Novel methods to endow cell-responsiveness into hydrogels are explored and 
successful work is summarized. 
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