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Polymer-based bioresorbable scaffolds (BRS) seek to eliminate
long-term complications of metal stents. However, current BRS
designs bear substantially higher incidence of clinical failures,
especially thrombosis, compared with metal stents. Research
strategies inherited from metal stents fail to consider polymer
microstructures and dynamics––issues critical to BRS. Using Raman
spectroscopy, we demonstrate microstructural heterogeneities
within polymeric scaffolds arising from integrated strain during
fabrication and implantation. Stress generated from crimping
and inflation causes loss of structural integrity even before chem-
ical degradation, and the induced differences in crystallinity and
polymer alignment across scaffolds lead to faster degradation in
scaffold cores than on the surface, which further enlarge localized
deformation. We postulate that these structural irregularities and
asymmetric material degradation present a response to strain and
thereby clinical performance different from metal stents. Unlike
metal stents which stay patent and intact until catastrophic frac-
ture, BRS exhibit loss of structural integrity almost immediately
upon crimping and expansion. Irregularities in microstructure
amplify these effects and can have profound clinical implications.
Therefore, polymer microstructure should be considered in earliest
design stages of resorbable devices, and fabrication processes
must be well-designed with microscopic perspective.
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Cardiovascular diseases remain the primary cause of morbidity
and mortality globally (1) although at declining rates due to

the refinement in vascular interventions. Bare metal stents open
narrowed vessels by providing permanent radial support to the
arterial wall. However, they are overcome by tissue hyperplasia
that reobstructs the lumen creating clinical restenosis (2, 3).
Drug-eluting stents (DES) release antiproliferative drugs from
polymer coatings on stent struts suppressing this overgrowth (4,
5), and they have been extremely successful in restoring vascular
flow. But, metal endovascular stents are still permanent foreign
objects residing inside arteries, raising concern that they will
forever impede full vascular repair, leaving the artery exposed to
chronic reactivity, vessel caging, limited reintervention, alter-
ation of vasomotor tone, and vessel rupture from strut fracture
(6–8). Metal stents thus relegate patients to lifelong need for
vigilant adherence to complex drug regimens and concern for
thrombosis (4, 5, 9). These fundamental limitations associated
with metal stents are why the community looked to bioresorbable
scaffolds (BRS) for relief. BRS are designed to provide temporary
vascular radial support, slowly disappearing, theoretically reducing
long-term complications with permanent implants. However,
mounting clinical evidence shows increased thrombosis, especially
during acute time settings (10–12). BRS implanted arteries clot at
a two- to threefold higher rate than with DES, inducing more
myocardial infarctions (13, 14). Despite corrective strategies fo-
cusing on optimizing implantation with pre- and postimplantation
dilation, negative results abound. Early loss of scaffold integrity
including circumferential and longitudinal compression as well as

malapposition (15), and nonsuperior vasomotion recovery with
respect to metal stents at 3 y, when scaffolds should be completely
degraded and absorbed, point to microscopic material and issues
related to scaffold design and features rather than technique
limitations (14, 16). However, until now, the materials mecha-
nisms responsible for BRS degradation have not been fully pre-
sented or understood, limiting not only our understanding of their
performance but also predictable quantification of the occurrence
of clinical failures. We have relied on a nomenclature and antic-
ipated evidence for failure from the metal stent performance and
this is not appropriate. Failure modes for polymer and metal
implants are not the same.
Poly-l-lactic acid (pLLA) is most commonly used for BRS by

virtue of its mechanical strength, controllable degradation rate,
and degradation products (17–19). Fabrication and implantation
techniques for BRS are generally similar to those employed for
metal stents and include tube extrusion and expansion, laser
cutting, drug/polymer coating, crimping, sterilization, and de-
ployment (20, 21). However, unlike metals, semicrystalline
polymers like pLLA possess entirely different microstructures
such as crystal domains where molecules are differentially
aligned, and packed and amorphous regions where molecules are
randomly oriented. These microstructures can profoundly affect
macroscopic properties, such as mechanical strength and degra-
dation (22–24). Each step in scaffold fabrication and implantation
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produces unique strain fields which induce localized micro-
structural anisotropy and changes in macroscopic performance
(25). It is critical to characterize microstructures within devices
to predict overall performance. However, such characteriza-
tions are often ignored during device design and fabrication
from limitations on the scale resolution of standard methods,
such as gel permeation chromatography and differential scan-
ning calorimetry (DSC). Lack of such information produces
unpredictable results in vivo.
With Raman spectroscopy as a quantitative tool with microscale

resolution, we analyzed microstructures including distribution of
polymer molecular orientations and crystallinity within scaffolds.
We identified spatial heterogeneities in microstructures within
these devices. We directly connected microscopic scaffold proper-
ties with macroscopic properties, and revealed that strain-induced
heterogeneity in alignment and crystallinity leads to increased lo-
calized degradation and loss of structural integrity well before
chemical processes can emerge and along a timeline that follows
that of premature clinical failure.

Results
Quantification of pLLA Sheets Orientation Using Polarized Raman
Spectroscopy. We examined clinical-grade BRS scaffolds and
sheets of the same pLLA to define material orientation. The
pLLA polymer helical structure (26) can be represented with mc
axis, defined as the molecular chain axis (Fig. 1A). The integrated
intensity of the Raman band at 875 cm−1 (I875, Fig. 1B) represents
the stretch mode of C-COO, the polymer backbone (27). As the
polymer chain increases and becomes preferably aligned in one
direction, the stretch of an extended backbone will result in an
amplified signal in response to the incident polarized light, and
thus I875 will also be stronger (28). During degradation, the
cleavage of C-COO destroys the alignment of the polymer chain
and reduces the synchronization of the stretch mode––accordingly,
the corresponding Raman band intensity also falls. The integrated

intensity of the Raman band at 1,452 cm−1 (I1,452, Fig. 1B) rep-
resents the asymmetric bending mode of CH3 (27) which was
considered as an internal standard during degradation (29, 30).
Solvent-casted pLLA sheets were stretched to a strain of 100%

(Fig. 1C), where the stretch axis was parallel to the polarization
axis X. In the prestretched sample, the intensity ratio (I875/I1,452)
with polarization geometry Z(XX)Z [based on Porto’s notation
(31)] is similar to that with Z(YY)Z [Fig. 1 B and D, higher
with Z(YY)Z, but not statistically significant, P = 0.172]. Thus,
molecules in the prestretched sample produced through solvent
casting at room temperature and pressure were more randomly
oriented and isotropic compared with those of the after-
stretched sample. After stretch, molecules were aligned in the
stretching direction (Fig. 1 D and E, P = 0.0075), supporting use
of I875/I1,452 as a marker for molecular orientation.

Quantification of BRS Orientation Using Polarized Raman
Spectroscopy. Scaffolds were positioned with their axial direction
(Fig. 2A) parallel to the incident light polarization axis X (Fig. 2B).
The scaffold outer surface (OS, surface that contacts vessel walls),
the inner surface (IS, surface that contacts luminal flow), and the
core (the interior cross-section, Fig. 2C) of as-cut scaffolds were
examined with polarized Raman spectroscopy (Fig. 2D).
For the OS, IXX > IYY (P < 0.001) indicating that polymer

strands are substantially more aligned in the axial direction. For
the IS, IYY > IXX (P < 0.001), implying that molecules are aligned
more toward the circumferential direction. For the core, the dif-
ferences between the intensities of all three polarization geome-
tries are much less significant compared with the surfaces, with the
axial direction being the highest but not statistically significant
(P = 0.124 for IXX and IRR). This implies that molecules in the core
are more isotropically distributed. The boundary between the core
and the surface is at least at about 1 μm below the surface, as that
is the penetration depth of the laser. The immediate consequence
of the observed heterogeneity in molecular orientation is the
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Fig. 1. Changes in molecular orientation identified with polarized Raman
spectroscopy on stretched pLLA sheets. (A) mc axis. (B and E) Polarized
Raman spectra of pre- and after-stretched pLLA sheets from 800 to 1,500 cm-1.
(C) Pre- and after-stretched pLLA sheet. (D) Changes in intensity ratio with
different polarization geometry: I875/I1,452 was not statistically different be-
fore being stretched (XX vs. YY, mean ± SD, 2.4 ± 0.10 vs. 2.6 ± 0.28, P =
0.172), and becomes much higher (XX vs. YY, mean ± SD, 3.4 ± 0.26 vs. 2.4 ±
0.18, P = 0.0075) with Z(XX)Z compared with Z(YY)Z after being stretched in
the X direction. This implies the molecules are aligned more toward the
drawing direction. Based on Porto’s notation (28), XX and YY indicate that
the polarization of the incident beam was parallel to that of the analyzed
beam. n = 6 for each scenario.
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Fig. 2. Quantification of BRS orientation using polarized Raman spectros-
copy. (A) Scaffolds coordinates: A-C-R. (B) Polarized Raman spectroscopy
coordinates: Z is the direction of the incident light, X and Y are the polari-
zation axes. (C) Scaffolds were cut to expose the core and IS for Raman
spectroscopy. (D) IXX > IYY (mean ± SD, 3.4 ± 0.17 vs. 2.2 ± 0.28, P < 0.001) on
OS indicating molecules are aligned more toward the axial direction. IYY >
IXX (mean ± SD, 2.3 ± 0.06 vs. 3.5 ± 0.10, P < 0.001) on IS indicates molecules
are aligned more toward the circumferential direction. The core is more
isotropic compared with the surfaces (IXX vs. IYY vs. IRR, mean ± SD, 3.1 ±
0.08 vs. 2.8 ± 0.33 vs. 2.6 ± 0.36, P = 0.124 and 0.146 when comparing IRR
with IXX and IYY, respectively). n = 6 for each scenario.
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spatial heterogeneity in macroscopic properties such as degrada-
tion rate and mechanical strength of the scaffold.
In particular, crimping and reinflation were investigated to de-

termine their effects on molecular orientation. All edges were
smooth in the as-cut samples (Fig. 3A). Localized deformations
were clearly visible at the inner peak edge after crimping (Fig. 3B).
After reinflation, localized dimples were found at the outer peak
edge and deformations on the inner side were developed into
microcracks (Fig. 3C). These locations correspond to regions
predicted by finite-element analysis (FEA) on a peak feature after
crimping and reinflation where high strain was experienced (Fig.
3E). I875/I1,452 with Z(XX)Z polarization geometry decreases (P =
0.04), indicating a disruption in the alignment of molecules and
the achievement of an orientation-disordered polymer distribution
(Fig. 3D). Thus, inhomogeneous, realistic strain fields disrupt the
polymer molecular orientation, leading to an increase in the
amorphous character of the polymer matrix.

Quantification of BRS Crystallinity Using Raman Spectroscopy. The
integrated intensity of the Raman band at 925 cm−1 (CH3
rocking mode mixed with the stretch mode of the backbone) was
associated with the crystalline phase of pLLA (26). Fig. 4A shows
the Raman spectra of two samples with different crystallinity
(%CR) verified by DSC (low %CR = 35%, high %CR = 55%)
where a stronger peak at 925 cm−1 was observed in the high %CR
sample. Using the Raman band at 1,452 cm−1 (CH3 asymmetric
bending mode) taken as an internal normalization standard (29,
30), the I925/I1,452 ratio in relation with the nominal values of %CR
were used to establish a direct correlation between the Raman
spectra for any unknown sample (Fig. 4B). The surfaces (both
OS and IS, Fig. 4C) show 61.1 ± 2.8% crystallinity, significantly
higher than that of the core (38.3 ± 4.9%, P < 0.001). Such
distinct difference in the crystal order, along with the molecular
orientation, clearly indicates that areas with low %CR and
isotropic molecular orientation may have significantly lower
molecular density than other regions with high %CR and more

anisotropic orientation. Such differentiation is the result of
the thermal and mechanical strain history imparted during fab-
rication and implantation (25, 32), and has significant effects on
the macroscopic mechanical properties (22) as well as the deg-
radation rate (33).

Effects of Molecular Structure on Scaffold Degradation and Structural
Integrity. Spatial changes in %CR of BRS were examined after
static immersion in 37 °C PBS solution (34) for 5, 10, 20, 40, 90,
and 110 d using standard curves created above. The %CR on the
BRS surface (Fig. 5A) increased from 61.6 ± 2.8% to 71.2 ±
2.6% (P < 0.001) in the first 10 d and remained unchanged at
∼70.2 ± 3.4% until 90 d. The %CR in the BRS core also in-
creased first, from 38.3 ± 4.9% to 43.7 ± 3.5% in the first 5 d
(P < 0.001), but then decreased to 29.3 ± 2.8% at 110 d. Lo-
calized dimples found at peak features in the scaffold after
crimping and reinflation (Fig. 3B) were further enlarged after
degradation in 37 °C PBS for 3 mo (Fig. 5B).
The increase in %CR arises from faster degradation in the

amorphous regions (a-pLLA) compared with crystalline regions
with greater water penetration (35). This change in crystallinity
also makes the surface more resilient to hydrolysis than the
initial formulation (35) and the core more prone to degradation
as it is more amorphous. When degradation byproducts accu-
mulate, local acidity rises accelerating degradation further, which
is even heightened in thick first-generation scaffolds (36). In
addition to fabrication-induced microstructural differences
which led to different degradation rates, structural disruption
at peak features in the scaffold that arise from applied strain
from crimping and reinflation also promoted the differentiation
in microstructure. Furthermore, more significant differences
in mechanical strength between the core and the surface result in
enhanced formation of geometrical and structural irregularities.
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Discussion
Semicrystalline polymer materials like pLLA contain different
microstructural environments such as crystal domains and
amorphous regions. Macroscopic properties like mechanical
strength and material degradation highly depend on their mi-
croscopic structures such as molecular orientation and degree of
crystallinity (22–24). Typically, increasing crystallinity or molecular
orientation will reduce the rate of degradation and increase
material stiffness but at the expense of ductility and fragility (23,
24). The introduction of asymmetric spatial degradation calls for
refinement of the classic paradigm of resorbable devices (37)
(Fig. 6A) where scaffold support, material molecular weight, and
device mass follow a homogeneous exponential decline. The
expectation that material molecular weight changes and overall
device mass loss follow a slow continuous course where support
is maintained for significant time after implantation well beyond
the time of vascular healing is no longer supportable. Asym-
metric stresses create discontinuities in resorbable polymeric
scaffold integrity far earlier than expected and even before
chemical degradation (Fig. 6B). When heterogeneous material
properties impose asymmetric degradative forces on scaffold
struts, mass loss is accelerated and a distribution of degradation
emerges which alters the spatial balance of polymer alignment
and crystallinity. Loss of support may be subtle at first and does
not follow the abrupt discontinuity seen with metal stents, but is
during the most vulnerable duration of tissue recovery which
might result in acute clinical failures (Fig. 6C). Loss of structural
integrity is made even more noteworthy once surface crystallinity
changes, which might adversely affect endothelial recovery and
return of vascular function (14), further increasing clinical
complications. Structural failures and resultant clinical implica-
tions arise from different mechanical events, on different scales
and over different timeframes. One can now well envision how
“weak links” in devices can emerge to cause stent failure far
earlier than anticipated and why a balanced design must might
account for these asymmetries. These issues take on specific
urgency for endovascular implants operating in the highly dy-
namic coronary arterial environment, and in the face of four- to
sixfold radial expansion at implantation, added cyclical strain
from each heartbeat, and asymmetric recoil and bending forces
(32). In BRS, the stakes are even higher for there is as well the
dynamic of material degradation linked and matched to the
time-evolving aspects of vascular healing. One can no longer
expect that the material characteristics guarantee the resorbable
scaffolds can maintain mechanical function well beyond vascular
repair. There is likely loss of support even during the most
critical times of healing and this may then explain in part the
unexpected poor results of BVS (Abbott bioresorbable vascular
scaffold) in clinical trials.

Research strategies inherited from metallic stents focus on the
evaluation of macrostructural integrity and prevention of abrupt
loss due to fracture. Polymeric scaffolds, although rarely frac-
ture, lose their structural integrity early and performance is
dominated by microstructural dynamics. Raman spectroscopy
defines structural ordering (crystallinity and polymer alignment)
with microscale spatial resolution, allowing us to directly identify
and correlate the evolution of structural ordering in BRS upon
strain application, and the effects on heterogeneous degradation.
Significantly higher crystallinity (61.6 ± 2.8% vs. 38.3 ± 4.9%,
P < 0.001) and higher molecular alignment were found on the
surface of bioresorbable scaffolds after fabrication than in the
core. During crimping and reinflation, the heterogeneous
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distribution of strain as dictated by scaffold morphology leads to
localized changes in crystallinity and ordering, with an associated
reduction in density. Such spatial heterogeneities inevitably
produce and localize excess deformations at peak features (Fig. 3
B and C). Microcracks initiated during crimping indicate po-
tential failure sites which may propagate into macrofractures
after implantation under the influence of cyclical strain from the
motion of the heart and asymmetric degradation. Dimple de-
formation initiated during reinflation are therefore indicative of
extreme structural irregularities under the influence of degra-
dation. While most of the highly crystalline regions are preserved
during strain applications, others undergo structural modifications
from high-density crystalline to low-density amorphous, resulting
in an enhanced and yet widely heterogeneous degradation. The
highly crystalline surfaces of the scaffold could maintain the in-
tegrity of their microstructures after being degraded for more than
3 mo. But, the low crystalline core of the scaffold experiences
more substantial microstructural disruption with degradation (Fig.
5A) accelerated as early as 5 d after fluid contact, unable to
maintain a stable mechanical behavior and structural integrity.
The clinical consequences of such a sequence of events are

profound. BRS scaffolds are expected to provide stable support
for at least 6 mo and longer, and homogeneously across the
supported artery and lesion (32). Early loss of stability and
uniformity can create the mismatches in alignment of scaffold
and artery that we work so hard to avoid. Focal loss of structural
integrity can enable greater recoil and malapposition of seg-
ments of the scaffold with critical effects on hemodynamics and
healing. Protruding struts activate platelets, enable clot forma-
tion, delay reendothelization, and could well be responsible for
the high risk of thrombosis and myocardial infarction seen with
BRS (13, 14, 38, 39).
Thermal and mechanical strain histories imparted during

fabrication and implantation (24, 29) have strong and dynamic
effects on BRS scaffold microstructure, primarily manifest
through the formation of microscale structural heterogeneities.
From a materials perspective, we highlight that the strain on the
microstructure in pLLA scaffolds directly affects the density of
the material at the microscale, with enhanced degradation rates
in as-fabricated as well as degraded low-crystalline, low-order
regions. The materials-induced structural differentiation in
degradation rates is primarily responsible for observed premature
degradation potentially leading to unanticipated variability in
bioresorbable device performance.
The dynamic and heterogeneous nature of the structural

composition not only provides added insight into potential
mechanisms of clinical failures in BRS, but points to potential
strategies for optimization of design and fabrication of this class
of devices and indeed all devices that make use of degradable
materials and are subject to continued strain. Fabrication pro-
cesses, therefore, should be carefully designed to prevent un-
expected structural and functional failures. It might well be
possible to create microstructure-enhanced polymer scaffolds
whose strength matches current metal devices with comparable
dimensions, limiting flow recirculation and nonuniform degra-
dation and ultimately associated clinical complications. Con-
trolled degradation through optimized materials and stent design
might well result in BRS that are not only competitive with metal
stents but overcome their limitations. For example, transitioning
from a layered materials design structure (IS, core, OS) to a
more homogeneous design would reduce the formation of faster
degrading amorphous regions. Alternatively, engineering high-
strain regions of the scaffold out of highly crystalline pLLA
would mitigate strain-induced changes of the molecular structure
toward a-pLLA, and therefore with a homogenization of the
degradation rate across the full scaffold. In essence, the design
processes should not only consider how the structural profile will
affect macroscopic mechanical strength after implantation, but

also should account for how the strain is distributed across the
scaffold microstructure. Moreover, scaffolds should not be con-
sidered as homogeneous, like metal stents, in computational
analyses simulating the mechanical and degradation performance
(40–42). Nonuniform properties, such as differential molecular
orientation and %CR, should be assigned to OS, IS, and the core
of the device to achieve a more valid prediction of performance.
With these insights on both micro- and macroscopic perspective,
we can now provide a more scientifically driven design and testing
paradigm in the development of next-generation BRS specifically
and devices of degradable materials in general.

Materials and Methods
pLLA resins, extruded tubes, as-cut scaffold, and fully resorbable pLLA scaffold
systems (FRS, Fig. S1) provided by the Boston Scientific Corporation were used in
all experimental conditions unless otherwise specified. All units tested were
prototypes under development and not commercially available. FRS consists of
a catheter, a guide wire, a noncompliant balloon, and a crimped polymeric
scaffold. The scaffold is 16 mm in length, 3.0 mm in inner diameter after in-
flation, and with a wall thickness of 110 μm. Scaffolds were stored at 4 °C until
ready for use. Crimping was performed in air at room temperature on as-cut
scaffolds. Inflation was performed in a 37 °C water bath within 30 s after im-
mersion. Since the degradation mechanism of PLLA is primarily passive hydro-
lysis which takes months to years, minimum degradation would have started at
this time point. Both as-cut scaffolds and FRS are noncoated.

pLLA Sheets. pLLA resins were dissolved in chloroform and solvent cast into a
film with 300-μm thickness at room temperature and pressure. The sheet was
cut into 19 × 5-mm rectangles and examined with polarized Raman spec-
troscopy to determine the molecular orientation before and after 100%
strain at 0.1 mm/s over 30 s using a tensile tester (Fig. S2).

Raman Spectroscopy. A Raman spectrometer (Horiba LabRam 800HR) with a
514-nm argon laser was employed. The Raman scatter light was collected
through a 100× objective lens, and the intensity was recorded using a CCD
camera in the backscattering geometry. Calibration using silicone was done
before any measurement. For quantifying %CR on solvent casting films, an
area of 20 × 20 μm with 100 data points was measured. Scaffolds were cut to
expose the core. Three regions were examined for each scenario (e.g., OS, IS,
or the core) and within each region, an area of 20 × 20 μm with 100 data
points was measured. For quantifying molecular orientation, polarized
Raman spectroscopy was used with three different polarization geometries:
Z(XX)Z, Z(XY)Z, and Z(YY)Z [according to Porto’s notation (31)] and six
replicated measurements were taken on each sample. The spectra were
analyzed using Horiba LabSpec (Version 5). Background substation was
performed with a degree 3 polynomial function to all spectra before anal-
ysis. I875 was calculated by integrating from 825 to 900 cm−1. I1,452 was cal-
culated by integrating from 1,425 to 1,500 cm−1. I925 was calculated by
integrating from 910 to 930 cm−1.

FEA. An FEA (Abaqus; Dassault Systemes) was performed to determine high
stress–strain locations in the scaffold resulting from the crimp-deploy pro-
cess. The material model chosen was a Johnson–Cook plasticity model. It was
calibrated to uniaxial tension test data obtained from miniature dog bone
specimens cut from stent tubing. A single, flat peak of the full scaffold
was modeled.

Crystallinity Calibration with DSC. Solvent-cast pLLA film was cut into several
1 cm × 1 cm squares and placed in an 80 °C oven for 0, 5, 10, 30, 60, and
120 min. Percent crystallinity was measured using a TA Instruments Q100
DSC after samples being examined by Raman spectroscopy. Samples were
heated at 2 °C/min from 30 to 200 °C. The percent crystallinity was calculated
with the equation

%CR= ½ðHmelt −  HexothermÞ=93�* 100%,

where Hmelt is the area of the melt endotherm, Hexotherm is the area under
the crystallization exotherm, and 93 J/g is the heat required to melt 100%
crystalline pLLA (43). Two DSC measurements were done on each 1 cm ×
1 cm square.

Degradation Test on Scaffolds. Scaffolds were inflated and immersed in 37 °C
PBS for 5, 10, 20, 40, 90, and 110 d. PBS solution was changed every 2 d to
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ensure stable pH at 7.4. At the end of immersion, samples were air dried and
mechanically cut for Raman measurement.

Statistical Analyses. Data are presented as mean ± SD unless otherwise
specified (n = 2 for DSC measurement; n = 100 and 300 for %CR measure-
ment on pLLA films and scaffolds using Raman spectroscopy, respectively;
n = 6 for polarized Raman measurements on molecular orientation). Two-

tailed, unequal variance Student t test were performed and a P value <
0.05 was considered to denote statistical significance.
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